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ABSTRACT
Anytime two surfaces are in normal contact, accompanied by tangential motion, there is
potential for deterioration of one or both surfaces. Gradual wear, or the removal of surface material,
is typically an undesirable event. Therefore, the need for lubrication arises to minimize the amount
of shear stress that develops between opposing surfaces. This reduction in shear stress is
characterized by the coefficient of friction (COF). Friction is one of the primary subjects of interest
in tribology, the science of the friction and wear of articulating surfaces.
A number of fascinating tribological systems can be found in nature. One example which
has drawn a considerable interest is articular cartilage. This smooth white tissue lines the
articulating surfaces of our joints and sustains a tremendous amount of stress while maintaining
smooth joint motion and low COF. The low COF exhibited by articular cartilage is unmatched by
any man-made material. The phenomenal tribological properties of this biphasic material are
attributed to a combination of a unique boundary lubrication mechanism and its ability to support
interstitial fluid pressurization
This dissertation details the synthesis and characterization of novel tribologically enhanced
polymeric materials which show great potential for several biomedical applications. Design of
these material relied on the use of biomimetic tribological mechanisms. The overarching
characterization described in this investigation provides valuable insight into the physical and
mechanical characteristics of these unique materials.
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CHAPTER 1: INTRODUCTION
1.1 Preface
Tribology, the study of the friction and wear behavior of articulating surfaces, is an
extremely broad and interdisciplinary field involving theories based in solid and fluid mechanics
as well as chemistry and material science. In addition to the traditional applications for which the
science of tribology emerged to address (i.e. the design of bearings, shafts, oil based lubricants,
and other machine components) the subject extends to a wide range of other mechanical systems
including brushing teeth, ice skating, and operation of articulating joints [1,2]. One natural
tribological system that has fascinated tribologists for decades is articulating joints, most notably,
articular cartilage. To date, no man-made material has been shown to exhibit comparable
tribological performance to that of articular cartilage [3,4]. This research investigation examines
the design and characterization of novel synthetic materials towards mimicry of the impressive
tribological properties displayed by articular cartilage.
The remainder of this section will detail relevant background information which provided
the conceptual foundation for this investigation. First the structure and tribological properties of
articular cartilage will be detailed, followed by a discussion of cartilage repair options and their
deficiencies. Chapter 1 will conclude by reviewing some recent approaches which have been
employed in the design of tribologically enhanced polymeric materials followed by an overview
of the specific objectives of this dissertation.
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1.2 Structure & Physiology of Articular Cartilage
Synovial joints are the most common type of joint in the human body and are subjected to
a wide variety of loading conditions as illustrated in Figure 1.1a [5]. Often these joints must provide
smooth articulation while being subjected to loads that are several times one’s body weight. For
this reason, synovial joints are equipped with a variety of structures to allow them to successfully
function (Figure 1.1b). Of these structures, one that has long intrigued tribologists is articular
cartilage.
d

Figure 1.1 – (a) Illustration of the six primary joints found in humans. (b) Illustration of the primary
structures found in the knee joint. This joint behaves like a complex hinge.

Articular cartilage is the smooth white tissue which covers the articulating surfaces of
synovial joints. It supports smooth motion by reducing friction and distributing stress between the
opposing bone surfaces. This soft tissue is quite hydrated, with water content generally ranging
from 60 – 80 wt%. The solid phase is composed primarily of type II collagen (50 – 75 wt %) and
proteoglycans (20 – 30 wt %). The hierarchical structure of articular cartilage dictates its unique
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properties which support healthy function [6]. The following subsections detail further the
structure and physiology of articular cartilage.

1.2.1 Collagen
Collagen is the most abundant protein in the human body. This long, fibrous,
macromolecule serves a similar role as that of the steel rods found in reinforced concrete or the
carbon fibers in thermoplastics. They provide our tissue with its mechanical strength [7]. Long
amino acid chains containing sequences of glycine (GLY), proline (PRO), and hydroxyproline
(HYP) serve as the primary building block of collagen molecules. These polypeptide chains form
triple helix structures known as α-chains which are about 1.5 nm in diameter and 280 - 300 nm in
length. The rod-like structures aggregate to form larger substructures as illustrated in Figure 1.2
which ultimately form collagen fibers which are 50 -300 μm in diameter and can easily be seen via
light microcopy [5].

Figure 1.2 – Schematic illustration of the hierarchal structure of collagen [8].

Although there are 29 known types of collagen, Types I, II, III, make up 80 - 90% of the
human body. Of these types of collagen, Type I is the most abundant as it is the primary component
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of skin, tendons, vasculature, ligaments, and bone. The next most abundant type of collagen is
Type II which is found in articular and hyaline cartilage [5,9]. The fibrous network provides
cartilage with its tensile strength and aids in containing the proteoglycan aggregates found in
articular cartilage. The alignment of these fibers exists in a manner that provides optimal
tribological function and can be classified by three distinct regions: the deep zone, middle zone,
and superficial tangential zone (Figure 1.3). The deep zone lays closest to the underlying bone and
contains a dense array of fibers oriented normal to the underlying bone. The middle zone is less
dense and contains most of the proteoglycans and fluid contained in the tissue. Here fibers are
randomly oriented. This zone is understood to play a significant role in load dissipation and acts
as a reservoir for the lubricating fluid. Finally, the superficial tangential zone contains a dense
array of collagen fibers oriented parallel to the underlying bone. This region contains the highest
collagen content and is organized in a manner ideal for sustaining high levels of shear stress [6].

Figure 1.3 – Schematic illustration of the cell distribution and collagen fiber orientation within articular cartilage
[10].
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1.2.2 Proteoglycans

Proteoglycans are a class of bio-macromolecules that provide articular cartilage with its
high-water content and compressive strength due to their hydrophilic properties. Substructures of
these molecules consist of a glycosaminoglycan-protein complex which forms a bottle brush like
structure. Glycosaminoglycan (GAGs) are a special class of polysaccharides which contain
repeating, negatively charged disaccharide units. The GAGS found in cartilage are chondroitin and
keratin sulphate. These negatively charged subunits covalently associate with a core protein known
as aggrecan which links to another GAG chain made up of hyaluronate repeat units. The overall
structure of these bio-macromolecules is illustrated in Figure 1.4. Due to negatively charged groups
found on the GAG’s that make up proteoglycans, these structures strongly attract water, another
polar molecule. Proteoglycan’s strong affinity for water, coupled with collagen fibers which
restrict swelling, play an essential role in providing cartilage with its excellent tribological
properties [11].

Figure 1.4 – Schematic illustration of the various components of proteoglycan aggregation found in articular
cartilage
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1.2.3 Cellular Composition

Articular cartilage has a relatively low cell density with chondrocytes, the resident cell
type, making up about 2% of the total tissue volume [6]. These cells are nourished by the diffusion
of nutrients found in the synovial fluid during joint movement and are understood to exhibit very
little interaction with one another [9]. Chondrocytes have been shown to respond to mechanical
loads, hydrostatic pressure, and the mechanical properties of the surrounding tissue [12-14].
Although chondrocytes are responsible for the synthesis and maintenance of articular cartilage,
their low cell density and low propensity towards replication limits cartilage regeneration [10,15].

1.3 Tribology of Synovial Joints

Synovial joints are a complex tribological system which operates under several different
modes of lubrication depending on the magnitude of the applied load and the rate of articulation
[16]. Generally, lubrication phenomena are characterized by one of four distinct regimes:
hydrodynamic, elastohydrodynamic, mixed, and boundary lubrication (Figure 1.5). In transitioning
from hydrodynamic to boundary lubrication, the effects of the lubricating fluid, most notably
dynamic viscosity, become negligible. Instead the properties of surface asperities and nanometer
scale films dictate coefficient of friction (COF). COF or μ is a dimensionless parameter defined as
the ratio of friction force to normal force [17].
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Figure 1.5 – (a) Typical Stribeck curve showing variation in COF as a function of Gümbel number.
Gu ≈ (speed x viscosity)/pressure. (b) Wear rates generally associated with the various regimes of lubrication.

1.3.1 Conventional Regimes of Lubrication

In hydrodynamic lubrication (HL) the opposing solid surfaces do not come in direct contact
due to the presence of thick fluid films. Generally, the thickness of these films is greater than 1
μm. Of the four primary lubrication regimes, the loads experience in HL are generally the lowest.
Here, normal applied loads are dissipated by the pressurization of these fluid films and as a result,
little to no elastic deformation of the opposing solid surfaces is observed. Since the opposing
surfaces are completely separated by the fluid film, sliding resistance is very low. Consequently,
wear rates are lowest in HL making this the best-case scenario in terms of tribological performance.
In elastohydrodynamic lubrication (EHL), the magnitude of the normal loads reaches a
level that results in significant elastic deformation of one or both opposing surfaces. Although the
opposing surfaces are still separated by a fluid film, EHL is generally accompanied by an increase
in coefficient of friction compared to HL [17].
When fluid films become thin enough for some asperity contact to occur, contacting pairs
are said to be in the mixed lubrication regime. While in boundary lubrication (BL) the effects of
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the bulk properties lubricating fluid become negligible. This is generally the case when surfaces
are subjected to high loads, low sliding speeds, and/or low lubricant viscosity. In BL, friction is
governed by the physical and chemical properties of nanometer scale films that form at the
interface of the opposing surfaces. Due to the significant increase in solid asperity contact, BL
represents the most destructive lubrication regime. Therefore, the presence of molecules which
function as boundary lubricants is imperative for minimizing surface wear [17].

1.3.2 Multimode Lubrication in Synovial Joints

The conventional regimes of lubrication provide tribologists with a reasonable
understanding of the phenomena at work in the articulation of traditional machine elements such
as pistons, bearings and gears. On the other hand, a comprehensive theory which explains the
phenomena at work in the lubrication of biological systems such as synovial joints is still a work
in progress. Although there are tribological mechanisms that are still the subject to debate, there
are a handful of phenomena that are generally believed to occur, to some extent, in normal joint
motion. These phenomena can be described by using normal gait as a model. Note that a gait cycle
can be divided into two phases: stance phase and swing phase (Figure 1.6). It is likely that fluid
films form during the swing phase and are exuded during extended periods in stance phase. Stance
phase can be divided further into three intermediate steps: heel strike, mid stance, and toe off.
There is a general consensus that lubricating films become pressurized during heel strike and are
gradually dissipated as the joint transitions from EHL during heel strike to BL at toe off [2].
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Figure 1.6 – The gait cycle can be divided into the stance phase (weight-bearing) and swing phase (non-weight
bearing) Stance face consists of three intermediate steps: heel strike, mid stance, and toe off [18].

Load bearing synovial joints are subjected to loads ranging from 1.5 – 10 times a person’s
body weight. This corresponds to contact stresses as high as 2 – 12 MPa. Even under these harsh
conditions, articulating joints can maintain coefficients of friction as low as 0.03. This is due to the
excellent tribological properties of articular cartilage. Although this material has a very limited
potential for self-repair, it withstands millions of cycles per year often for most one’s lifespan [6].
There are a number of theories explaining how this is possible [2,3,16,19,20]. Hypotheses
regarding the mechanisms involved in cartilage lubrication have been used to develop
mathematical models, which in turn can be validated or refuted through experiments. The
following sections briefly review the theoretical framework behind the tribological mechanisms of
articular cartilage.
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1.3.3 Interstitial Lubrication

Due to its high-water content and low permeability, articular cartilage is often modelled as
a biphasic material. The solid phase is treated as an elastic, incompressible material while the fluid
phase is assumed to be incompressible and inviscid [21]. The biphasic nature of this tissue
promotes a unique lubrication mechanism often referred to as interstitial lubrication (IL).
McCutchen and his colleagues were some of the first to highlight the role of IL in cartilage
lubrication. Their findings were first reported in the early 1960’s [22]. This theory claims that the
pressurization of the interstitial fluid contained within cartilage is attributed to the tissue’s low
coefficient of friction (Figure 1.7). The concept was supported by their experimental results where
they observed a gradual increase in COF over time when cartilage was articulated against glass.
McCutchen and his colleagues’ observations suggested that under compression, the fluid phase
supports most of the load, minimizing the load transfer to the solid phase. As the fluid pressure
subsides, due to fluid exudation, the load on the solid phase increases resulting in the gradual
increase in COF. This mindset served as the foundation for several theoretical analyses involving
articular cartilage, most notably Mow’s linear biphasic theory [21]. Comparison between
experimental results and theoretical predictions based on Mow’s linear biphasic theory have
displayed good agreement in stress relaxation, creep, and dynamic loading [16,21,23,24]. This
supports the validity of the interstitial lubrication mechanism hypothesized by McCuthen. An indepth discussion of the theoretical models and experimental validation is beyond the scope of this
manuscript. Some key players in the progression of this research include Gerard Ateshian [16],
Duncan Dowson [2], Van C. Mow [21], and David Burris [20].
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Figure 1.7 – Illustration of fluid load support in a biphasic material

1.3.4 Weeping Lubrication

In addition to IL, McCutchen also proposed a second possible lubrication mechanism,
weeping lubrication (WL). This concept was later investigated from the point of view of continuum
mechanics by Mow and Ling [25]. In WL, McCutchen et al postulated that when articular cartilage
in subjected to compression synovial fluid is exuded from the bulk tissue, promoting
hydrodynamic lubrication. Weeping is used to personify the exudation of fluid from the bulk to
the surface of the tissue.
This theory was initially received well as it provides an intuitive explanation for the time
dependent friction response associated with experimental results, however it was frequently
contested by Dowson and his colleagues [26,27]. The opposition argued that WL violated
conservation of linear momentum. Also, theoretical investigations based on the porous media
theories suggest that any fluid found between bearing surfaces will flow into the cartilage [28-32].
This contradicts McCutchen’s notion that WL promoted the formation of thick films between
articulating surfaces. In fact, results from a number of studies indicate that synovial fluid trapped
11

between articulating surfaces are subject to a filtration like process as they are imbibed by the
cartilage tissue [33-35]. Through this process hyaluronic acid, a boundary lubricant found in
synovial fluid, is entangled by the cartilage matrix enhancing the lubricious nature of the cartilage
surface. This process is referred to as boosted lubrication or tribological rehydration (Figure 1.8).
Although WL most likely does not occur in the way described by McCutchen, it is possible
that tribological rehydration may be at work. In tribological rehydration, a paradigm recently
proposed and investigated by Moore and Burris., cartilage weeping is followed by pressure driven
recovery of interstitial fluid, and a replenishing of boundary lubricant molecules and interstitial
fluid [20].

Figure 1.8 – Illustration of (a) fluid film formation promoted by weeping lubrication as proposed by McCutchen
[22]. (b) Tribological hydration as proposed by Moore & Burris [20]

1.3.5 Hydration Lubrication

Although the bulk properties of articular cartilage play a significant role in dictating
tribological performance, it is also important to consider the role of boundary lubrication. Scanning
probe methods using atomic force microscopy or surface force balances provide an excellent
platform for analysis of molecular scale phenomena such as boundary lubrication [3,36]. Surface
force balances (SFBs) have been utilized by a number of researchers at Israel’s Weizmann Institute
12

of Science to do a great deal of fundamental research on the physics of interacting surfaces [3,3739]. These devices can measure shear and normal forces with extreme accuracy (Figure 1.9). The
resolution of SFB measurements has been reported to exceed that of conventional scanning probe
methods such as atomic force microscopy and friction force microscopy by a factor of 5,000 –
10,000 [40]. The high degree of accuracy in displacement control and force measurement couples
with extreme surface flatness makes the SFB an excellent tool for direct characterization of the
mechanical properties of nanometer scale films (Figure 1.9).

Figure 1.9 - Schematic illustration of a surface force balance. Distance between mica sheets is measured via optical
fringes produced by the light passing through the sheets. Piezoelectric tube (PZT) illustrates bending induced when
opposing sectors experience equal and opposite potentials. Shear force is measured through the bending of the
vertical leaf springs (S1). This results in a change in capacitance at G which can be measured to ±2Å. In a similar
manner, the horizontal leaf-spring (S2), measures normal forces. [40]

When studying the behavior organic solvents with a SFB, investigators observed an abrupt,
reversible increase in viscosity resulting in solid-like behavior when films were compressed to
thicknesses less than ~7 molecular layers. Films compressed to this degree exhibited a seven to
eight order of magnitude increase in viscosity. This is attributed to the transition from a loosely
layered fluid phase to much more ordered solid phase [38]. Conversely, water was observed to
maintain its bulk fluidity all the way down to a single monolayer. This unique behavior is attributed
13

to the fact that the liquid phase of water is denser than the solid phase. Therefore, as surfaces are
pressed together the densification of the confined water suppresses the propensity towards
solidification resulting in maintenance of fluidity all the way down to a single monolayer [37]. Due
to the strong dipole nature of water it is understood to form strongly bound hydration layers around
charged species (Figure 1.10). The presence of charged species surrounded by these hydration
shells has since been found to result in an extremely efficient boundary lubrication mechanism
acting as molecular scale ball bearings [39]. This mechanism has since been referred to as
hydration lubrication and is attributed to the low coefficient of friction observed in articular
cartilage within the boundary lubrication regime [3,4].

Figure 1.10 – (a) Illustration of the dipole nature of water and the formation of hydration shells around ions. (b)
Illustration of the repulsion experience by adjacent hydration shells [4]

1.3.6 Cartilage Boundary Lubricants

As noted earlier, the performance of articular cartilage within the boundary lubrication
(BL) regime is of interest due to the high levels of friction and wear experienced compared to the
other regimes of lubrication. In BL, friction and wear are minimized via the presence of nanometer
scale films which form between the articulating surfaces. There are three distinct components
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found in synovial joints which are all understood to act as a boundary lubricant: hyaluronan [2,4143], lubricin [44-47], and surface active phospholipids [48-51].
Hyaluronan, often referred to as hyaluronic acid (HA), is a linear polysaccharide, more
specifically a GAG, composed of hyluronate repeat units. These anionic biomacromolecules are
present in a wide range of human tissue, namely: connective, epithelial, and neural tissue. HA is
also present in articular cartilage and synovial fluid [42]. While the exact function of this
compound in synovial joints is still not fully understood, studies have shown that it exhibits both
mechanical and biological utility. HA content is understood to dictate the viscosity of synovial
fluid and has also been shown to maintain cartilage cell health by minimizing oxidative stress and
inflammation [42]. Although HA plays a significant role in promoting healthy joint function, a
number of studies have shown that HA alone does not act as a boundary lubricant [3,52,53].
Lubricin is a special class of proteoglycan and is often referred to as proteoglycan 4. This
mucinous glycoprotein is found in both synovial fluid and the superficial tangential zone (STZ) of
articular cartilage and is secreted by synovial fibroblasts and chondrocytes in the STZ. Lubricin is
also a major component of menisci and tendons. In synovial joints lubricin is found in both the
soluble and surface bound state. It is understood to ionically bind to macromolecules found in the
STZ [44,45]. Studies have shown that Lubricin alone does aid in reducing friction in the boundary
lubrication regime; however, Lubricin alone does not promote BL comparable to that observed in
natural joints [46].
Phospholipids are a class of small amphiphilic molecules consisting of a hydrophilic
phosphate head linked to two hydrophobic fatty acid tails. In aqueous environments, these
molecules readily self-assemble into zwitterionic lipid bilayers (Figure 1.11). This behavior is due
to their amphiphilic nature [54]. In addition to synovial joints, phospholipids also make up a large
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portion of the composition of cell membranes and have been identified as the boundary lubricant
at work in the frictionless sliding of lungs during breathing [55,56]. In synovial joints,
phospholipid bilayers have been shown to adsorb onto the surface of articular cartilage. These
adsorbed bilayers are often referred to as surface active phospholipids (SAPL) [48,49,57].
Although the BL mediated by SAPL is not fully understood, there are a handful of theories which
describe the mechanisms at work. It is possible that the bilayers can easily slide past one another
or absorb shear energy via deformation within the bilayer. A number of studies have also shown
that these structures act as boundary lubricants due to the strong attachment of water molecules to
the phosphate heads promoting hydration lubrication [4,58-60]. Even though SAPL are understood
to act as a boundary lubricant in some way, reports have indicated that on their own, SAPL are not
able to provide BL comparable to what is observed in natural joints [3].

Figure 1.11 – Schematic illustration of (a) phospholipid bilayers and (b) the chemical structure of a single
phospholipid molecule

1.3.7 Synergistic Boundary Lubrication

Although, lubricin, hyaluronan, and surface-active phospholipids, are all synonymous with
boundary lubrication in articular cartilage, synergistic interaction between all three is necessary
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for the maintenance of COF as low as 0.001 when the tissue is subjected to stresses as high as 10
MPa. This paradigm was recently proposed by Jacob Klein and his colleagues following results
obtained from direct measurement of this phenomena using a SFB [3]. The results of this study in
conjunction with previous investigations regarding cartilage boundary lubrication [46,54,60,61],
points to a convincing model which explains how these three boundary lubricants work together
to promote hydration lubrication.
Surfaces bearing HA alone have been found to exhibit poor boundary lubrication, with
COF on the order of 0.3 [3]. This may be due to poor hydration of the HA subunits. HA is
understood to attach to the surface of articular cartilage via entanglement with collagen and/or
known interaction with lubricin found in the STZ [46]. Surface bound HA is also understood to
complex with zwitterionic phospholipids which are found within the tissue and the synovial fluid
which it is immersed in [59,60]. The presence of these zwitterionic groups promotes the formation
of hydration shells which have been shown to provide excellent boundary lubrication properties
[4,58].

1.4 Cartilage Repair Options & Their Deficiencies

While articular cartilage exhibits friction and wear properties far superior to any man-made
material, wear and irreversible damage is inevitable. Due to its low cell density and avascular
nature, articular cartilage has a very limited potential for self-repair. Thus, the presence of defects
as small as 2-4 mm rarely heal resulting in degradation of the surrounding tissue and exposure of
underlying bone [62]. This process is understood to forebode the onset of osteoarthritis [10].
Symptoms associated with this debilitating condition include chronic pain and limited mobility.
Although there are a number of treatment options available to attempt to restore healthy joint
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function, particularly in load bearing joints, none are recognized as a comprehensive solution and
often require total or partial replacement of the joint [63-65]. Joint replacement is extremely
undesirable for a younger, more active population due to the invasive nature of the surgery and the
limited service life of these implants. This section will review some of the treatment options that
are currently available for knee joint cartilage repair as well as their deficiencies.

1.4.1 Stimulation of Underlying Bone
As noted earlier in this chapter, articular cartilage is relatively thin (2 – 5 mm) and masks
the surfaces of our bones. Unlike cartilage, bone has much more pronounced vasculature and a
significantly larger cell density [5]. For this reason, bone exhibit great potential for self-repair. In
the late 1950’s, Pridie conceived the idea of taking advantage of the bioactivity of the underlying
bone in articulating joints [66-68]. This was achieved by stimulating subchondral bone via an
approach often referred to as micro-fracture or subchondral drilling (Figure 1.12). By drilling into
the bone surgeons induce bleeding and blood clot formation. The tissue generated via this method
is known as fibrocartilage [65]. Fibrocartilage is the primary component of intervertebral discs and
the meniscus of the knee.
Although fibrocartilage resembles healthy articular cartilage, it has a much lower
proteoglycan content (1 – 3% dry weight compared to 20-30% in hyaline cartilage). It also has a
slightly lower water content [9]. For this reason, the lubricative properties of this tissue are inferior
to that of the natural tissue particularly in boundary lubrication. Success of micro-fracture is
limited to individuals younger than the age of forty [69] due to the need for expedient generation
of new tissue. Although micro-fracture results in improved joint functionality in the short term, 60
– 80% of the time in patient under the age of 40 it is not a comprehensive solution [70-74]. Inferior
18

tribological properties have been shown to result in resurgence of osteoarthritic symptoms after
several years [74].

Figure 1.12 – Illustration of the steps involves in cartilage repair via micro-fracture. (1) Damaged cartilage is
removed. (2) Holes are drilled to stimulate bleeding from the subchondral bone. (3) Regeneration of fibrocartilage
[75].

1.4.2 Transplantation of Healthy Cartilage
An alternative approach, conceived in the early 90’s for articular cartilage repair involves
the transplantation of healthy cartilage from low weight bearing regions of the joint [76-78]. This
surgical procedure is generally referred to as osteochondral autograft transplantation or OATS
(Figure 1.13). Again, success of this approach is limited to relatively young patients (under the age
of 50 [79]) due to the same reasons as micro-fracture. Historically, osteochondral autografting has
been more popular in Japan and Europe compared to in the United States [63]. The major
shortcoming of this technique is that the surgeon is impairing the viability of one area of the joint
to repair another. Also, the relocated tissue is generally thinner and geared towards less severe
loading, limiting its capability for maintaining healthy function after implantation. Finally, the
scarce availability or tissue for this application restricts this technique to the repair of defects that
are relatively small [80].
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Figure 1.13 – Illustration of the steps involved in a typical OATS procedure

An adaptation to this technique known as autologous chondrocyte implantation (ACI) was first
introduce in 1994 by Brittleberg [81]. Here small amounts of cartilage tissue are explanted and its
chondrocytes are cultured and expanded. The cells are then introduced to the defect either with a
periosteal flap or a collagen based matrix. One major shortcoming of this procedure compared to
micro-fracture is this it is more complicated and expensive and requires two surgeries than one.
Although short term clinical success is good (65 – 85% success), results from 5 and 15 year clinical
trials suggest that ACI does not provide any advantages over microfracture [63,82].

Figure 1.14 – Illustration of the steps involved in a typical ACI procedure. (1) Surgeon harvests a full thickness
cartilage biopsy (2) Biopsy is sterilized and (3) enzymatically digested to isolate chondrocytes. (4) Chondrocyte
population is expanded over several weeks and then (5) seeded onto a scaffold. (6) Implant is then transferred in a
sterile container to the surgeon and (7) used to repair the defect often via the use of fibrin glue [75]
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1.4.3 Tissue Engineering Scaffolds

Tissue engineering (TE) involves the regeneration of natural tissue either in vitro, in vivo,
or through use of both platforms. Although clinical success of this strategy in articular cartilage
repair in humans remains elusive, recent finding show that this approach has great potential
[63,64,83]. Restoration of articular cartilage can be achieved either completely in vivo or through
the introduction of a medium which induces cartilage regeneration or in vitro via the fabrication
of a scaffold suitable for supporting tissue growth. Research striving to push this technology
forward focuses on optimization of the procurement of cells [84-87], release of chondrogenic
signaling molecules [88-90], and scaffold development [91-94].
The ideal scaffold for cartilage repair should possess mechanical and tribological properties
comparable to that of natural tissue. In addition, scaffolds should allow for the infiltration of cells
and gradually degrade as natural tissue is generated [63]. Both natural and synthetic materials have
been considered for use in this application. The advantage of using natural materials, i.e. materials
found in the body is that they are inherently biocompatible and able to interact with the cells they
house. Some of the materials that have been considered for this application include silk fibroin
[7,95], alginate [96,97], agarose [13,14], and hyaluronan [98,99]. The drawback is that the
mechanical and tribological properties of natural materials that have been considered thus are
generally inferior to healthy mature articular cartilage. Also, the ability to tune the properties of
these materials is limited. On the other hand, synthetic materials allow for much more control over
mechanical and tribological properties as well as the degradation behavior. The drawback of
synthetic based scaffolds is poor bioactivity and in some cases, poor biocompatibility. Synthetic
materials which have been considered for use in articular cartilage repair include: poly (vinyl
alcohol) [100], poly (2-hydroxyethyl methacrylate) [101], and poly (vinyl pyrrolidone) [102]. Use
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of composite systems comprised of both natural and synthetic constituents has also shown great
potential [94,103].
While tissue engineering of natural cartilage is recognized as the ideal method for cartilage
repair, tissue engineering solutions are still many years away from producing practical in vivo
solutions for cartilage growth [16].

1.5. Development of Tribologically Enhanced Hydrogels
Polymers take a wide variety of forms depending on an array of factors such as:
temperature, hydration, molecular weight, and monomer structure. Hydrogels are a class of
polymers which have shown a great deal of promise for biomedical applications due to their
inherent biomimetic properties. These gels are highly hydrophilic due to the presence of watersolubilizing groups such (i.e. –SO3H, –COOH, –OH, and –CONH–) but remain insoluble due to
their crosslinked structure. These crosslinks can be formed via chain entanglement, dipole-dipole
interactions, and/or covalent bonds. Mechanical and physical properties are dictated by chemical
composition and crystal structure. The similarity in structure and mechanics between hydrogels
and articular cartilage has been noted as early as 1973 by Bray and Merrill [104,105].
Due to their unique structure, hydrogels exhibit a significant degree of swelling when
immersed in aqueous solution. Their high water content results in viscoelastic deformation
comparable to what is observed in a wide range of natural tissue [106-109]. The biphasic nature
of these materials allows for the promotion of interstitial lubrication. Therefore, considerable
effort has gone into the development of hydrogels suitable for articular cartilage repair as well as
many other medical applications (i.e. contact lenses, nucleus pulposis replacement, drug delivery,
wound dressing, vascular grafts, and meniscal repair) [100]. A number of different types of
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hydrogels have been considered for use as artificial cartilage some of which include: poly 2hydroxyethyl methacrylate [101,110], agarose [13,14], silk fibroin [7,111], poly vinyl alcohol
[112-114], and poly ethylene glycol [115]. Despite their promise for a wide range of medical
technology, use of hydrogels in load bearing applications is severely limited due to inferior
tribological properties [110,116,117]. Of the wide range of polymers which can be used to form
hydrogels poly vinyl alcohol hydrogels have received a significant amount of attention due to their
biocompatibility, high mechanical strength, and tunable physical and mechanical properties
[100,102,112,118].

1.5.1 Structure of Poly Vinyl Alcohol Hydrogels
Poly vinyl alcohol hydrogels (PVA-H) are one of the fist types of hydrogels to be studied
for articular cartilage repair and their development for this application as well as a number of other
applications has been ongoing since the early 1970’s [104]. PVA-H are an attractive option for a
cartilage-like materials due to their mechanical strength, biocompatibility, and tunable physical
and mechanical properties. The fabrication of PVA-H based biomaterials has been developed and
characterized extensively over the decades [118-122].
PVA has a relatively simple structure and is synthesized via the hydrolysis of poly vinyl
acetate (PVAc). PVAc is produced via free radical polymerization of vinyl acetate with
polydispersity indices ranging from 2 – 2.5 in most commercial grades. The degree of hydrolysis
has been shown to influence solubility and crystallizability of PVA. This is due to the hydrophobic
nature of the acetate groups and the weakening of hydrogen bonds between polymer chains [119].
PVA can be crosslinked via a variety of means. In chemical crosslinking, the use of a
crosslinking agents such as glutaraldehyde, acetalaldehyde or formaldehyde results in the
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formation of chemical bonds between polymer chains. One shortcoming associated with this type
of approach is the fact that many crosslinking agents are toxic requiring extensive purification for
use in biomedical applications.

An alternative approach for PVA-H fabrication utilizes the

formation of physical crosslinks through crystallite formation. Formation of physical crosslinks is
achieved by subjecting aqueous PVA solutions to a series of freeze-thaw cycles (FTC). Each
successive FTC is understood to increase the prevalence and stability of the crystallites. In addition
to avoiding the use of potentially toxic crosslinking agents physically crosslinked hydrogels
generally provide high mechanical strength and elasticity compared to those formed by chemical
or irradiative means [119].
Despite the potential PVA-H have shown for several biomedical applications, their success
in load bearing applications such as articular cartilage repair is severely limited due to inferior
friction and wear properties compared to the natural tissue. The remainder of this section will
review some of the most recent efforts to enhance the tribological properties of these biomaterials.

1.5.2 Cast Dried-Freeze Thaw Hybrid Gels
As noted earlier, interstitial lubrication, is understood to play a major role in the tribological
performance of articular cartilage. The effectiveness of this lubrication mechanism on biphasic
materials is governed by the material’s permeability and aggregate modulus. The permeability of
physically crosslinked PVA-H can be tuned relatively easily through variation in the fabrication
method. In addition to the freeze thaw (FT) method, PVA-H can also be formed via cast drying
(CD). CD gels are formed by simply casting PVA in an aqueous solution and then storing the
solution in air until it solidifies. Unlike gels fabricated via FT crosslinking, CD gels are understood
to have a uniform network structure [116]. This postulation is supported by the transparence of
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CD gels compared to FT gels (Figure 1.15) Gel permeability has been shown to be two orders of
magnitude less than FT gels approaching levels more comparable to articular cartilage [113].

Figure 1.15 - Photograph of PVA hydrogels prepared via (a) freeze thawing, (b) cast drying, and (c) freeze thaw
cast dry hybrid [116]

Recently the Suzuki group of Yakihama National University characterized the mechanical
and tribological properties of CD and FT gels as well as laminated hybrid gels consisting of a CD
layer on top of a FT layer (Figure 1.16a) [113,116,123]. The hybrid gels were found to exhibit
superior friction and wear properties compared to the CD and FT gels (Figure 1.16b) [113,116].
Results from their biphasic finite element models produced comparable COF values and time
dependent behavior. These models indicated that the hybrid gels maintain improved tribological
performance by maintaining fluid pressurization while still providing support for fluid flow
(Figure 1.16c-e). They postulated that these properties contribute to the low levels of von Mises
stress in the solid phase which allows for less wear and friction compared to the CD and FT gels.
Although hybrid gels appear to be a promising method for improving the tribological properties
of PVA-H to date all tribological tests have been performed on the lower end of what would be
experienced in vivo [124]. Performance against natural cartilage is also yet to be investigated.
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Figure 1.16 - Summary of the major finding regarding improvement of the tribological properties of PVA hydrogels
via variation in permeability. (a) Cross-section of hydrated FT-CD hybrid gel. (b) Representative COF vs time plots
(tests were run in saline). (c) Fluid flow immediately after loading. (d) Von Mises stress after 292 s. (e) Interstitial
fluid pressure after 292 s.

1.3.3 Fiber Reinforced Hydrogels
Tribological performance of PVA-H have also been enhanced by reinforcing the hydrogel
matrix with high strength fibers. Recently, Giuseppe Palmese’s group from Drexel University
reported the mechanical and physical properties of PVA hydrogels reinforced with polypropylene
(PP) and ultrahigh molecular weight polyethylene (UHMWPE) [125]. The stiffest gel reported in
this investigation contained 29 vol% UHMWPE and displayed a tensile modulus of 258.1 ± 40.1
MPa. Hydrogels without reinforcement displayed a tensile modulus of 0.23 ± 0.02 MPa. With fiber
reinforcement, Hollaway et al. was able to prepare PVA-H with tensile properties comparable to
natural fibrous tissue.
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More recent efforts by the Palmese group have focused on improving interfacial adhesion
between UHMWPE fibers and the PVA matrix [126]. Inherently this interfacial adhesion is poor
due to the hydrophobic nature of UHMWPE. In order to overcome this problem, Hollaway et al.
developed a novel chemical grafting method where aldehyde groups were functionalized to the
surface of UHMWPE fibers. The authors expect these aldehyde groups to form acetal bridges
between the fibers and the hydroxyl groups of PVA (Figure 1.17a). Results from fiber pull out
experiments indicate that the chemically grafted fibers promote a significant increase in interfacial
shear stress from 11.5 ± 2.9 kPa in the neat material to 256.4 ± 64.3 kPa in the fiber reinforced
(Figure 1.17d). Unlike untreated fiber, the surface functionalized fibers displayed signs of cohesive
failure with a significant amount PVA adhered to the fiber after pullout (Figure 1.17c). This
suggest successful optimization of the interfacial adhesion. Thus, fiber reinforcement appears to
be a promising method for imparting biomimetic anisotropy to PVA-H. The effects of fiber
reinforcement on tribological performance is a subject that has not yet been investigated.
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Figure 1.17 – Summary of the major findings regarding the strengthening of PVA-H through fiber reinforcement.
(a) Illustration of the method used to achieve good interfacial adhesion. (b) Neat UHMWPE fiber after fiber pull out.
(c) Surface treated UHMWPE fiber after fiber pullout. (d) Effects of surface treatment on interfacial shear strength.
(e) Effects of surface treatment on maximum force.

1.3.4 PVA- HA Hydrogels
In addition to fiber reinforcement, another popular approach for enhancing the tribological
properties of PVA-H involves the incorporation of hydroxyapatite (HA) nanocrystals. HA is
understood to provide bone with its strength and rigidity as it is the primary component of the
mineral phase and makes up 70% of the tissue’s total mass [9]. In addition to its inherent rigidity
and biocompatibility, HA is understood be bioactive. Therefore, in addition to providing hydrogels
with mechanical strength, the incorporation of synthetic HA is also expected to promote
osteointegration a process that is unlikely to occur if a neat PVA-H was implanted.
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The fabrication and characterization of PVA-HA blends has been a popular subject of
investigation over the past decade [112,127,128]. The fabrication of PVA-HA composites with
HA content ranging from 1.5 – 7.5 wt% HA has been shown to result in a significant increase in
the mechanical strength in both tension and compression [129]. This enhancement is accompanied
by a slight change in COF (both slight increases and slight decreases have been observed), a slight
decrease in equilibrium water content, and a significant decrease in strain to failure. Hydrogel wear
resistance has been to increase with increasing HA content however there is a relatively narrow
threshold where this is true. Above this threshold value the dispersion of the HA particles is
inhibited resulting in the formation of larger particles which contribute to abrasive wear. The
threshold value has been shown to range from 2 – 4 wt% depending on the hydrogel fabrication
method [128].

1.3.5 PVA-PVP Blends
Often the mechanical, physical, and tribological properties of hydrogels can be tuned via
the fabrication of miscible blends. A popular polymer of choice for blending with PVA is poly
vinyl pyrrolidone (PVP) [102,130-132]. PVP is a biocompatible hydrogel which has been
considered for a number of biomedical applications such as soft contact lenses [133], tissue
adhesives , and wound dressings [134,135]. These blends can be fabricated by simply mixing the
PVP with PVA prior to solvent casting [136]. The initial motivation behind the fabrication of PVAPVP blends was to enhance network stability thorough inter-polymer complexation [137].
Katta et. al was the first to report on the tribological properties of PVA/PVP blends [136].
Since then, investigators have reported that mechanical strength of the hydrogel blends appears to
be highest when PVP content is at 1 wt% [102]. The authors postulate this may be due to the
promotion of some sort of secondary interaction between the two polymers. The addition of PVP
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has also been shown to cause a progressive increase in EWC and significant reduction in COF.
However, the COF of these blends is still an order of magnitude higher than that of natural cartilage
(even when the hydrogels are lubricated by bovine serum) [102,136].

1.3.6 Boundary Lubricant Functionalized Hydrogels
Although many investigators have developed methods for improving mechanical strength
of hydrogels, few have addressed the importance of boundary lubrication. As noted earlier, the
service life of materials is dictated by its performance in boundary lubrication. Good boundary
lubrication will also minimize wear of opposing surfaces. Blum et al. were the first to report the
functionalization of organic boundary lubricants to the surface of PVA-H [114]. To date, the
boundary lubricants that have been investigated include lauroyl chloride (C12) and stearoyl
chloride (C18) [117].
Functionalization of these hydrophobic boundary lubricants was achieved via nucleophilic
acyl substitution. In this reaction, the acid chloride associated with the boundary lubricant (C12 or
C18) were linked to the polymer backbone via ester bonds [138]. Characterization of the friction
and wear properties of these biomaterials was performed in DI water under boundary lubrication
conditions to facilitate worst case scenario condition with respect to friction and wear. Results
from these experiments suggest that the functionalization of fatty acid boundary lubricants
promotes boundary lubrication when hydrocarbon chain length is low [117]. This conclusion was
made since the hydrogels functionalized to C12 yielded a significant decrease in COF compared to
the neat material while hydrogels functionalized to C18 displayed a significant increase in COF.
Since C12 and C18 are very small molecules compared to the PVA backbone, reduction in COF
was also found to be heavily depended on the amount of functionalization [114,139].

30

In addition to quantifying COF Blum et al. assessed the wear characteristics of BLF
hydrogels against steel and natural cartilage compared to that of neat PVA [117]. The pressures
administered during these experiments were comparable to what would be experienced in vivo.
Characterization of the surface of cartilage plugs articulating against neat PVA reveled fraying and
pitting on the cartilage surface. While fraying was also observed on the surface of cartilage
articulating against BLF hydrogels, its severity was noticeably lower. Overall C12 functionalized
hydrogels displayed the best tribological performance.
The authors postulated that the tribological properties promoted by C12 and C18 were
attributed to their hydrophobicity which promotes the formation of interfacial aqueous films
(Figure 1.18) [139]. In addition, the linear nature of these molecules allows for close packing on
the hydrogel surface resulting in a brush like structure which minimizes shear stress in sliding
contact. The poor tribological properties exhibited by C18 grafted hydrogels suggests that there is
a critical range above which hydrocarbon chain length has a negative effect. Although the
boundary lubricant functionalized hydrogels prepared by Blum et al. exhibited improved
tribological performance compared to the neat material. These properties still fell short of the
natural tissue. Use of a boundary lubrication mechanism which mimics those exhibited by natural
cartilage is expected to provide improved boundary lubrication.
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Figure 1.18 – Illustration of the proposed boundary lubrication mechanism where a layer of water (a) interfaces
with a hydrophobic boundary lubricant layer (b) which is functionalized to a crosslinked hydrogel (c)

1.6 Dissertation Scope
The primary objective of this investigation was to develop and examine novel biomimetic
approaches for enhancing the tribological properties of polymeric materials with potential for use
in medical applications. The methods described deal with two classes of polymeric materials:
hydrogels and thermoplastic polyurethanes. This involved the design and execution of a variety of
experimental methods as well as the implementation of previously established empirical and
analytical models. An outline of the contents discussed in this dissertation is provided below:
Chapter 2 describes the design and characterization of a novel tribologically enhanced
hydrogel blend. Synthesis of the biomimetic boundary lubricant was achieved through free radical
polymerization of the zwitterionic monomer [2-(methacryloyloxy) ethyl] dimethyl-(3-sulfopropyl)
ammonium hydroxide) (MEDSAH). The resulting polymer, PMEDSAH, was subsequently
blended with poly vinyl alcohol (PVA) to form a zwitterionic hydrogel blend. In addition to
32

describing the method developed for fabricating this biomimetic material, the effect of PMEDSAH
on coefficient of friction, compressive modulus, and physical properties such as microstructure,
water content, and surface tension were also reported. Finally, assessment of potential for use as a
tissue engineering scaffold was achieved via cytotoxicity experiments.
In Chapter 3 the examination of the effects of boundary lubricant molecular weight on the
mechanics tribology, and diffusive properties of PVA-PMEDSAH hydrogel blends is described.
The boundary lubrication behavior is described within the context of a theoretical surface
repulsion-adsorption model. Indentation experiments within the context of Hertzian biphasic
theory were used to characterize the effects of boundary lubricant on interstitial fluid load support.
In addition, boundary lubricant mobility within the hydrogel matrix and physical characterization
involving scanning electron microscopy, x-ray scattering, and differential scanning calorimetry
are also discussed.
Chapter 4 describes the synthesis and characterization of novel biomimetic surface
modified PVA hydrogels. Synthesis of these materials was achieved through surface initiated
polymerization of the boundary lubricant molecules. In addition to the validation of surface
chemistry, ionic responsive coefficient of friction, mechanics, surface tension, and cytotoxicity
were also characterized and reported.
In addition to hydrogels, thermoplastic polyurethanes represent a second class of polymers
which could benefit from the biomimetic boundary lubricants described in chapters 2 – 4. Chapter
5 describes the development and characterization of a novel method for preparing tribologically
enhanced thermoplastic polyurethanes. The chapter describes the versatile fabrication method as
well as potential clinical applications which could benefit from the supplemental functionalities of
the boundary lubricant.
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Like most academic research investigations, the work is never truly complete and should
not end with this dissertation. Chapter 6 summarizes the findings and conclusions of this
dissertation and provides detailed insight into future directions which could stem from this body
of work.
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CHAPTER 2: SYNTHESIS AND CHARACTERIZATION OF LOW FRICTION
ZWITTERIONIC HYDROGEL BLENDS
2. 1 Introduction
Zwitterionic molecules are net-neutral, but possess both positive and negative charges in
close proximity to one another [140]. The charged regions associated with these molecules allows
them to interact with water through electrostatic attraction [141]. Due to their unique behavior,
zwitterionic based systems have been investigated for a number of applications including use as
hydrogel implants [142,143,143,144], electrostatic ion chromatography [145], low fouling
substrates [146-148], and microfluidic devices [149]. Recently, zwitterionic polymers have been
shown to act as an efficient boundary lubricant [4,58]. This behavior is attributed to the formation
of hydration shells surrounding the charged components of zwitterionic chains promoting a
mechanism known as hydration lubrication [4,150].
Although several methods have been developed to enhance the mechanical properties of
PVA hydrogels, few have addressed their poor performance in boundary lubrication compared to
that observed by natural tissue such as articular cartilage. Based on the known boundary lubrication
mechanisms exhibited by articular cartilage and the biomimetic structure of zwitterionic polymers
it was postulated that synthesizing a zwitterionic polymer and blending it with PVA to form a
zwitterionic hydrogel blend would result in a significant reduction in coefficient of friction. The
work discussed in this chapter details the results of this investigation and their implications through
the synthesis and characterization of hydrogels formed from PVA blended with zwitterionic
polymer: [2-(methacryloyloxy) ethyl] dimethyl-(3-sulfopropyl) ammonium hydroxide) or
PMEDSAH.
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2.2 Hydrogel Fabrication Method

2.2.1 Materials
Polyvinyl alcohol (PVA, 99% hydrolyzed) with a reported average molecular weight of
130,000 g/mol was purchased from Sigma-Aldrich (St. Louis, MO). The monomer [2(methacryloyloxy) ethyl] dimethyl-(3-sulfopropyl) ammonium hydroxide) (MEDSAH), solvent
N, N-dimethylformamide (DMF) and initiator 2, 2’-azobisisobutyronitrile (AIBN) were also
obtained from Sigma-Aldrich. All chemicals were used as received.

2.2.2 Neat PVA-H Fabrication
Neat PVA-H were prepared by solvent casting a 40 wt% (m/v) mixture of PVA and
deionized (DI) water. The mixture was heated at 90 °C in an isothermal oven (Fisher Scientific,
Waltham, MA) for 6 h resulting in a viscous, transparent solution. Stirring was not used during
solvent casting due to the high viscosity of the solution and propensity towards bubble formation.
Following solvent casting, samples were subjected to four freeze-thaw cycles where
samples were frozen at -80 °C for 30 min and then allowed to thaw at room temperature for 30
min. Freezing was achieved by submerging sample in an ice bath containing dry ice and acetone.
This cyclic freeze-thaw process is understood to reinforce the hydrogel structure through formation
of crystalline regions, the concentration of these crystalline regions increasing with each
successive freeze-thaw cycle [151]. Following the freeze thaw process, samples were submerged
in DI water for at least 48 h to ensure they reached equilibrium swelling.
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2.2.3 Polymerization of MEDSAH

The zwitterionic polymer, PMEDSAH, was prepared through the free radical
polymerization of MEDSAH initiated by AIBN under nitrogen in a 60:40 volume ratio of DMF:DI
water solution containing 6.7 wt% MEDSAH and a 100:1 monomer to initiator mass ratio (58.78:1
mole ratio). The reaction was performed at 65 °C for 6 h at which point the precipitated product
was harvested.

Figure 2.1 – Schematic depicting the polymerization of MESDSAH

2.2.4 PVA-PMEDSAH Blend Fabrication
The hydrogel blends were fabricated by initially preparing a 40 wt% (m/v) mixture of PVA
to DI water with PMEDSAH contents ranging from 1– 30 wt% relative to PVA. PMEDSAH was
dissolved in DI water via the assistance of a Vortex-Genie 2 mixer (Scientific Industries Inc.,
Bohemia, NY) The mixtures were heated at 90 °C for 6 h resulting in a viscous solution. Each
solution was then subjected to four freeze-thaw cycles where samples were frozen at -80 °C for 30
min and then allowed to thaw at room temperature for 30 min. Following the freeze-thaw process,
samples were submerged in DI water for at least 48 h to allow for equilibrium swelling to be
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reached. All samples were fabricated in the form of 12 mm diameter discs that were each nominally
5 mm thick. The hydrogel fabrication process is summarized in Figure 2.2.

Figure 2.2 - Schematic of hydrogel fabrication procedure: (a) Structure of PVA and a cartoon depiction of
PMEDSAH, (b) Illustration of heating PVA-PMEDSAH solution, (c) Hydrogel crosslinking and (d) Final product.

2.3 Hydrogel Characterization

2.3.1 Fourier Transform Infrared Spectroscopy with Attenuated Total Reflection (FTIR-ATR)
FTIR-ATR was used to quantitatively evaluate the chemical composition of the neat PVA
and zwitterionic blend samples with a PerkinElmer AutoIMAGE FTIR-ATR microscope
(PerkinElmer Inc., Waltham, MA). Neat PVA and zwitterionic blends were placed in contact with
a highly reflective germanium crystal. An infrared beam was directed towards the crystal where it
reflected off the sample surface and internal faces of the crystal, producing evanescent waves. A
portion of this wave energy was absorbed by the sample at wavelength that depends on the
chemical composition, while the remaining energy was received by a detector [152]. Absorbance
spectra were collected over a range of 450-4000 cm-1.
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2.3.2 Wide Angle X-ray Scattering (WAXS)
WAXS experiments were conducted to ascertain the crystalline microstructure of the neat
and blended material in both dry and hydrated states. For this purpose, a Rigaku S-MAX3000
pinhole camera system was utilized, with a Micromax-007HF rotating anode source operating with
Cu Kα emission (λ = 1.5406), voltage of 40 kV and current of 20 mA. Wide-angle scattering
patterns were collected at a sample-detector distance of 117 mm, as calibrated using corundum
(NIST SRM 676a) with Fujifilm image plates (CR HR-V) and a Raxia-Di Image Plate reader at a
scan resolution of 100 μm. An exposure time of 600 s was used for all samples. Samples were
prepared for WAXS by slicing the 5 mm thick disks into ~1 mm thick films. Wet samples were
maintained in their fully hydrated form by being stored in separate glass vials containing DI water.
Samples were mounted in an unconstrained form on the Rigaku sample tray for x-ray scattering
analysis. Dry samples were mounted without containment as a film while hydrated samples were
contained within a capsule prepared from Kapton® tape. 1D WAXS patterns were plotted as
intensity versus the detector angle (2θ).

2.3.3 Equilibrium Water Content (EWC)

Hydrogels were submerged in DI water until equilibrium conditions were reached and the
equilibrium hydrated mass (mw) was recorded. Samples were then place in a vacuum oven
(Isotemp Vacuum Oven, Fisher Scientific), until equilibrium was reached and the equilibrium
dehydrated mass (md) was recorded. EWC was computed by calculating the percent difference
between the masses of the hydrated and dehydrated samples [114].

EWC 

mw  md
mw
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(2.1)

2.3.4 Water Contact Angle
Hydrophilicity was evaluated with a ramé–hart advanced goniometer (ramé–hart
instruments co., Succasunna, NJ). Here, contact angle was estimated via the shadow method
where a high-resolution image of an ultrapure water droplet (EMD Millipore, Billercia, MA) was
analyzed via the ramé-hart’s DROPimage AdvancedTM software version 2.4.07.

2.3.5 Surface Roughness (Rq)
Surface roughness was quantified with a 3D digital microscope (HIROX KH-8700
Digital Microscope, HIROX-USA, Inc. Hackensack, NJ). Z-stack images were attained from a
100 x 100 μm field of view with a 1 μm z-step. The surface profile obtained through this approach
was then used to compute the RMS roughness using equation 2.

Rq 



1 n
  zi  z
n i 1



2

(2.2)

Where zi is the individual height measurements over the length of the sample space, n represents
the number of height measurements taken, and z is the mean value of the individual height
measurements [1]. Although there are a number of other methods for measuring surface roughness
(including stylus profilometry and atomic force microscopy), non-contact optical profilometry
(NOP) has been shown to produce accurate profile measurements when objective lens
magnification is greater than 40 [153]. Given the simplicity of NOP compared to contact
profilometry methods, it is often the method of choice for measuring hydrogel surface roughness
when friction experiments are performed on the macro scale [7,154].
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2.3.6 Confined Compression

Elastic compressive modulus was determined by performing confined compression
experiments using an AR-G2 rheometer (TA Instruments, New Castle, DE) with an 8-mm diameter
flat punch. Confinement was achieved by placing samples in a blind-tapped hole of diameter equal
to that of the hydrogels (Figure 4.3a). Samples were loaded axially to 10% strain at a strain rate of
10 μm/s, held at 10% strain for 1 minute following compression, and then unloaded at 10 μm/s
while monitoring the normal force. Elastic compressive modulus was obtained from the average
slope of the initial linear portion of stress-strain curve produced during the unloading step (1-5%
strain).

Figure 2.3: Illustration of the (a) confined compression and (b) tribo-rheometry experimental setup

2.3.7 Tensile Testing
Young’s modulus was determined by performing tensile tests on 2.27 ± 0.27 mm thick
dog-bone shaped hydrogel films (ASTM Standard D636-03 Type IV, reduced in size four-fold).
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For tensile testing, a Model 100P Universal Testing Machine equipped with a Biobath chamber
and 5.6 lbf load cell was utilized (TestResources, Inc, Shakopee, MN). Fully hydrated samples
were submerged in saline solution at 37 °C for the duration of the test. For each test, samples
were preloaded to 0.1 N before being strained at strain rates ranging from 50 – 166 μm/s to 10%
strain. Modulus was calculated from the average slope over the entire range of the stress-strain
curve (0 – 10% strain).

2.3.8 Tribological Characterization
Observation of the short-term and long-term friction coefficients was performed using an
AR-G2 rheometer (TA Instruments) using similar methods to other researchers [155,156]. Discshaped hydrogel samples were press fit into an adapted tribo-rheometry accessory (TA
Instruments, Figure 2.3b) serving as the upper plate. The lower contacting surface was a glass petri
dish. A glass petri dish was selected to provide repeatable, low surface roughness. The normal
pressure experimental parameter was set at an average of 0.2 MPa. Since the sliding velocity varies
along the radial direction, the midpoint of the sample was adopted for velocity calculations (R =
12 mm). This relatively high pressure coupled with a constant and relatively slow angular velocity
of 0.065 rad/sec was maintained in order to minimize hydrodynamic effects [29,113]. The torque
(T) was measured for a period spanning 5 min to 6 h. In developing an expression for COF we
assumed a uniform normal pressure acting over the sample surface. Thus, pressure was expressed
as normal force per unit area. The torque that develops the frictional force on the sample was
approximated as the measured torque divided by the distance from the center of the rotational axis
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to the midpoint of the sample surface. Given the definition of COF, the ratio of shear force to
normal force, COF was calculated using equation 3.


T
FN  R

(2.3)

2.3.9 Cytotoxicity
2.3.9.1 Sample Preparation.
PVA-PMEDSAH hydrogels prepared as described earlier were cut into pieces
approximately 1-2 mm thick while hydrated followed by complete drying. For determination of
cytocompatibility, an extract-based method was employed, based on ISO10993-5 and ISO 1099312. To make extracts, dry hydrogel material was weighed out so each sample had 0.1g/mL
extraction media. Materials were extracted in DMEM-F12 (Invitrogen, Carlsbad, CA)
supplemented with 10% Fetal Bovine Serum (Atlanta Biologicals, Norcross, GA) and 11%
glutamine-penicillin-streptomycin (Invitrogen, Carlsbad, CA). Next, hydrogel samples were
rehydrated in extraction media for 72 h until equilibrium was reached. Samples were then sterilized
by exposure to ultraviolet light (UV) for 2 h. For extraction, sterile samples were placed in vials
with an appropriate amount of media based on the dry mass, sealed and placed on a shaker at 37
°C, 60 rpm for 48 h. Following the extraction, media was removed from the sample, to a new tube
and frozen at -80 °C until the cell assay. To test the cytocompatibility of PMEDSAH, samples
were prepared as previously described, and made into a dry powder which was sterilized by UV
as above, and dissolved directly in extraction media (PMEDSAH/media) and allowed to shake at
37 °C for 48 h. As a control, extraction media was allowed to shake at 37 °C for 48 h without
sample.
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2.3.9.2 Cellular Assay
L929 mouse fibroblasts (American Type Culture Collection, Manassas, VA) were used for
this assay, as this cell line is commonly employed for cytotoxicity assays. Cells were grown in the
aforementioned media using standard cell culture procedures. L929 mouse fibroblasts were seeded
at 25,000 cells/cm2 in a 96-well plate. The cells were allowed to attach and spread on the plate for
24h at which point media was removed and replaced with samples or controls as prepared above.
As a negative control, 0.1% sodium dodecyl sulphate (SDS) [157], was made in control media.
Following a 24 h incubation, extracts and control media were removed, and replaced with 1/10
volume of CCK-8 solution (Cell Counting Kit-8, Dojindo Molecular Technologies, Inc.,
Rockville, MD) which is metabolized by viable cells, turning the media an orange color. This
solution was incubated with the cells for 4 h, followed by absorbance reading on a plate reader at
450 nm.
2.3.9.3 Cytotoxicity Analysis
Extracts were prepared from three individual material syntheses as well as three batches of
PMEDSAH/media. For the cellular assay, all samples were tested in triplicate. For each assayed
batch of material, the mean absorbance was determined for each sample. This absorbance was
made relative to the media control, set to 100%. A value greater than 70% viability was an
indication of cytocompatibility. The mean percent viability between the three assays was
calculated and from this statistical difference between samples was determined.
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2.3.10 Statistical Analysis
All statistical analyses were conducted with Minitab 17 (Minitab Inc., State College, PA).
One way ANOVA with a significance level α = 0.05 was performed for comparison between the
neat and blended material.

2.4 Results

2.4.1 Hydrogel Blend Preparation
Fabrication of hydrogels via the methods described earlier resulted in a robust hydrogel at
all PMEDSAH contents. A slight increase in opacity was observed following the freeze-thaw
process. Also, the formation of micron scale pores was observed throughout the bulk material at
all levels however the prevalence of these pores generally increased with PMEDSAH content
(Figure 2.4).

Figure 2.4 - Representative images of neat and blended hydrogels following solvent casting and freeze thaw cycles

2.4.2 Surface Composition
Fourier transform infrared spectroscopy with attenuated total reflectance FTIR-ATR was
used to determine if the zwitterionic polymer remained within the material and was present on the
surface after being equilibrated in DI water. The infrared (IR) absorption spectra of neat PVA
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hydrogels displayed a broad peak spanning 3500 – 3200 cm-1, characteristic of a hydroxyl (O–H)
stretching vibration (Figure 2.5). The peaks spanning 3000 – 2850 cm-1 and 1350-1470 cm-1 are
indicative of alkyl (–CH) stretching and bending vibrations. Compared to the IR spectra produced
by the neat material, the PVA-PMEDSAH blends display a distinct peak spanning 1735 – 1750
cm-1 characteristic of carbonyl (C=O) stretching. In addition, we no longer observe the peak
spanning 3000 – 2850 cm-1 characteristic of an alkyl stretching vibration [156]. These results
suggest that PMEDSAH remains present on the surface of our hydrogels even after being
equilibrated in DI water for several days.

Figure 2.5 - Representative FTIR-ATR spectra of the neat and tribologically enhanced hydrogels
displaying the ester peak characteristic of MEDSAH.

2.4.3 Physical Characterization
The hydrophilicity and swelling behavior of the hydrogels was characterized through
measurements of contact angle and equilibrium water content. Results in Table 2.1 show that PVA
hydrogels with PMEDSAH contents ranging from 1 – 30 wt% relative to PVA did not yield a
significant change in either of these parameters. An average water content of 71.83 ± 1.51% was
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observed regardless of the PMEDSAH content. This result falls within the mid-range of reported
values for hydrogels fabricated with high molecular weight PVA [139]. A similar result was
observed in our water contact angle measurements where contact angle ranged from 32 – 42o with
no apparent trend or significant difference as PMEDSAH content was increased from 1 – 30 wt%
relative to PVA. These measurements are within the standard range for PVA hydrogels [158].
Table 2.1 - EWC and water contact angle data for PVA-H with increasing PMEDSAH content.

The potential for changes to hydrogel microstructure brought about by blending PVA with
PMEDSAH was assessed via WAXS of both dry and fully hydrated samples. The WAXS profile
produced by dehydrated PVA-H yielded diffraction peaks at 2θ angles of 11.4o (w), 19.3o
(s), 23.0o (shoulder), 27.7o (w), 31.5o (w), and 40.3o (s) (w = weak, s = strong). These diffraction
peak positions correspond to the monoclinic unit cell structure of crystallized PVA [159,160].
Diffraction patterns produced from fully hydrated PVA-H yielded an amorphous halo
accompanied by a single diffraction ring at 2θ = 19.4° (very close to the dry hydrogel). A low
angle peak characteristic of the Kapton® window was also evident. The strongest peaks in both
cases correspond to a d-spacing of 4.59 Å. Although hydrogels prepared in this investigation were
formed from solutions that were significantly more concentrated than other studies that have
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evaluated PVA-H microstructure via WAXS, these results agree quite well with results from the
low wt% gels [160,161]. WAXS experiments were also performed on PVA-PMEDSAH blends at
the 3% and 25% PMEDSAH levels to assess whether trends observed in terms of elastic
compressive modulus (discussed below) were attributed to changes in the hydrogel microstructure.
In comparing the profiles from Figure 2.6b we do not observe any changes in the WAXS patterns,
indicating that the blended material continues to diffract x-rays in a similar manner compared to
the neat material. This suggests that PMEDSAH does not alter the hydrogel microstructure at either
of these levels.
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Figure 2.6 - (top) representative WAXS patterns for dry and hydrated neat PVA-H and PVA-PMEDSAH blends: (i,
iv) neat PVA-H; (ii, v) 3% PVA-PMEDSAH blend; (iii, vi) 25% PVA-PMEDSAH blend. Below are representative
WAXS profiles for: (a) dry, and (b) hydrated PVA-PMEDSAH blends.
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2.4.4 Mechanical Characterization
Results from the confined compression experiments (Figure 2.7a, 2.7b) show that blending
PVA with as much as 30 wt% PMEDSAH does not diminish the compressive stiffness of the
hydrogel matrix. Rather than observing a steady decline in compressive modulus as PMEDSAH
content was increased, we consistently observed a peak in modulus at 3% PMEDSAH that is
statistically higher (p < 0.05) than that of the neat material. This peak at the 3% level was followed
by a slight but steady decrease as PMEDSAH content was increased further, though never
dropping below 1.38 ± 0.39 MPa. The confined compressive modulus of neat PVA was found to
be 1.92 ± 0.26 MPa which is within the reported range for neat PVA-H [114,139,162].
Compressive modulus for the blended material containing 1 – 30 wt% PMEDSAH ranged from
2.66 ± 0.34 MPa to 1.38 ± 0.39 MPa.
Tensile tests were performed on hydrogel films to determine if the peak compressive
modulus observed at 3 wt% PMEDSAH also exists in tension. Results from these experiments
showed that this was not the case (Figure 2.7c). Instead, as PMEDSAH content was increased, we
observed a trending decrease in Young’s modulus at a 166 μm/s strain rate, and no apparent trend
at a 50 μm/s strain rate. Confined compression tests were also performed on hydrogel films of the
same thickness as required for tensile testing to determine if the fabrication process to yield thinner
freeze-thaw gels, itself, influenced the trend we observed on the thicker gels used for the friction
experiments. Results from these experiments revealed a slight decrease in compressive modulus
across the board; however, a similar trend was observed (Figure 2.7b) for the two thicknesses.
We did find that that blending PVA with PMEDSAH appears to increase the elastic nature
of the hydrogel matrix (Figure 7c). An increase in the strain rate from 50 μm/s to 166 μm/s yielded
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a significant increase in the apparent Young’s modulus of the neat PVA-H films (p < 0.05);
however, this viscoelastic behavior appears to be suppressed as PMEDSAH content is increased.
The relative change in Young’s Modulus in response to the strain rate ranged from 48% in the neat
material to 2% in the 25% PMEDSAH blends.

Figure 2.7 - Characterization of (a) compressive modulus of the hydrogel discs used in the COF experiments (b)
compressive modulus of the hydrogel discs compared to hydrogels fabricated as films and (c) Young’s modulus for
neat and blended hydrogels (n = 5, *p < 0.05 with neat PVA-H, ANOVA).
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2.4.5 Tribological Characterization
Comparison between neat PVA-H and the zwitterionic blends revealed that blending
PVA with PMEDSAH resulted in a significant reduction in average COF (Figure 2.8). This
significant decrease in COF was observed with as little as 3 wt% PMEDSAH relative to PVA.
With 5% PMEDSAH a saturation point appears to be reached in terms of reducing COF.
Average COF decreases from 0.136 ± 0.015 for the neat material down to 0.024 ± 0.009 at the
5% level. The lowest coefficient of friction was observed for 30 wt% PMEDSAH which displayed
a COF of 0.019 ± 0.003.

Figure 2.8 – (a) Friction data for hydrogels with increasing PMEDSAH concentrations (n = 5, *p < 0.05 with neat
PVA-H, ANOVA). (b) Representative plots of COF vs time for the neat and blended material over the course of 6 h
experiments

Six-hour friction experiments were performed to investigate the stability of the lubricative
properties observed in our five-minute experiments. Results in Figure 2.8b show that the
significant reduction observed in our five-minute experiments were maintained over a 6 h period.
In addition, the blends displayed a steady decrease in COF over the first 1 – 2 h of the experiment
before reaching a steady value. On the other hand, neat PVA-H generally displayed a steady
increase in COF over the first hour of the experiment before reaching a steady value.
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When evaluating the tribological properties of any material, surface roughness is an
important parameter to consider. Characterization of the surfaces of hydrated neat and blended
material via 3D digital microscopy yielded RMS values ranging from 0.36 ± 0.25 μm to 0.66 ±
0.48 μm with no apparent trend or significant difference as PMEDSAH content was increased.
Based on this result we postulate that the significant reduction in coefficient of friction can be
attributed to hydration lubrication brought about by the zwitterionic polymer rather than a change
in surface topography.

2.4.6 Cytotoxicity
Cytocompatibility of PMEDSAH was assessed by dissolving the weight percentage of
PMEDSAH associated with each blend level and incubating for 48 h. When L929 cells were
cultured in the PMEDSAH, it was determined that at all PMEDSAH concentrations, the cells are
highly viable (Figure 2.9a). Higher levels of PMEDSAH resulted in a trend towards lower viability
which, however, was not statistically significant. In a similar study, neat PVA and PVAPMEDSAH blends were found to be cytocompatible (Figure 2.9b), with viability levels well above
the 70% threshold indicative of cell viability. These data demonstrate that our materials are
cytocompatible, and lay the ground work for future work with the materials in cellular
environments as substrates for cell culture as well as for implant studies where the materials are in
contact with body tissues.
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Figure 2.9 - Cytocompatibility of L929 cells in extracts generated from (a) Neat PVA hydrogel and hydrogel
samples with 3% or 25% PMEDSAH, (b) PMEDSAH dissolved in media at various concentrations. Data is
representative of the mean cell viability (±SD) for three material samples, assessed in three cell-based assays.

2.5 Discussion
A novel material was prepared by blending zwitterionic polymer, PMEDSAH, with PVA,
a widely used biocompatible hydrogel. Freeze-thaw PVA-H was selected as the base polymer of
choice due to its well-established biocompatibility, low protein absorption [120] and mechanical
strength [107,108]. In addition, these hydrogels have been approved by the FDA for use as drug
delivery systems, contact lenses, membranes, and orthopedic devices [100]. Other biomedical
applications of PVA-H include artificial cornea [163], vascular grafts [164], and nucleus pulposus
replacement [132].
The data displayed in Figures 2.8 show that the addition of as little as 5% PMEDSAH
results in as much as an 80% reduction in COF. We postulate that this result can be attributed to
hydration shells forming around the charged groups on the PMEDSAH; namely the negatively
charged sulfur trioxide group (SO3-) and the positively charged quaternary ammonium group
(NR4+). Due to their dipole, water molecules are strongly attracted to the charged groups on
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PMEDSAH resulting in the formation of molecular scale H2O films on the hydrogel surface [165].
Unlike non-associating liquids which exhibit solid-like properties under high pressures, these
hydration films can maintain their fluidity providing a fluid-like response under high pressure.
This yields a reduction in the development of shear stress between the opposing surfaces and a
decrease in coefficient of friction [4].
Although further investigations are needed to fully understand this mechanism to design
and possibly control a hydrogel material with a very efficient boundary lubrication system, the
results observed in this investigation indicate that blending PMEDSAH with PVA significantly
enhances the materials lubricity through hydration lubrication, depicted schematically in Figure
2.10. While predicting the thickness of interfacial fluid films was not the primary focus of this
investigation, Grubin’s formula is a useful tool for estimating the minimum film thickness [166].
Despite the relative simplicity of such methods, more recent analytical and numerical
investigations have demonstrated their utility and accuracy [167,168]. Given equation 2.4, the
dynamic viscosity of the lubricant, 𝜂, the contact load, 𝑤, sliding speed, 𝑢, as well as the
compressive modulus, E, and radius, R, of the hydrogel, the minimum film thickness was found
to be 17 nm.
2.8∙𝜂∙𝑢 0.65

ℎ𝑚𝑖𝑛 = 𝑅 ∙ (

𝐸∙𝑅

)

𝑤

∙ (𝐸∗𝑅)

−0.21

(2.4)

This is well below the root mean square roughness of the opposing surfaces, indicating that
the surfaces are articulating within the boundary lubrication regime. The true film thickness is
likely lower since the Grubin formula assumes that the articulating surfaces are impermeable. Like
articular cartilage, hydrogels are permeable, in fact recent investigations have revealed that such
these materials are unable to maintain fluid films under physiological scale loads [16,20]. Film
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thickness could also be characterized experimentally through in situ observation of Newton’s
fringes [169].

Figure 2.10 - Schematic showing the boundary lubrication mechanism fostered by the zwitterionic polymer
at the surface and with interstitial mobility within the crosslinked hydrogel.

Results from the confined compression and tensile experiments showed that the reduction
in COF can be achieved without significant compromise to the mechanical properties of the neat
material (Figure 2.7). Resistance to compressive loading is attributed to the modulus of the solid
matrix as well as the hydrogel’s ability to provide interstitial fluid load support. By using the slope
of the stress-strain curve obtained from the unloading step of the test, the confounding effects of
interstitial fluid load support are mitigated and direct measurement of the modulus of the solid
matrix can be achieved. Results reveal that modulus of the hydrogels is finite when tested in
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confined compression. Although incompressibility is a common simplifying assumption in the
characterization of hydrogels, this result reveals that the material is not truly incompressible.
Mechanical strengthening of freeze-thaw PVA hydrogels is understood to be dictated by the
formation of physical crosslinks [151]. At low concentrations, blending PVA with PMEDSAH
appears to result in stiffer hydrogels, possibly due to a secondary interaction between the two
polymers [102]. When PMEDSAH content exceeded 3 wt% we observed a trending decrease for
both tensile and compressive deformations. We postulate that above this threshold concentration,
PMEDSAH may inhibit the formation of physical crosslinks between PVA molecules, resulting in
the observed decrease in mechanical stiffness. Crosslinking capability affects the volume fraction
of water present in the hydrogel which, in turn, alters the rigidity of the system reflected in the
measured elastic modulus. Nevertheless, results from our physical characterization did not reveal
any significant changes or trends in equilibrium water content (Table 2.1) or hydrogel crystallinity
(Figure 2.6). The amorphous halo evident in diffraction patterns from hydrated samples which are
absent in the dry material are likely attributed to swollen amorphous PVA or free water.
Crosslinking capability affects the volume fraction of water present in the hydrogel which in turn
alters the rigidity of the system, ultimately determining the hydrogel stiffness. Equilibrium water
content (Table 2.1) remained unchanged, and hydrogel crystallinity suggesting that the changes in
physical crosslinking may occur at constant overall crystallinity.
Results from our physical characterization also suggests that the PMEDSAH molecules
freely diffuse within the hydrogel matrix, but do not directly affect its mechanical properties. This
mechanism also appears to be at work in our friction experiments where, unlike in the neat material
where we observe a steady increase in COF followed by a plateau, blends containing 3% and 25%
displayed a steady decrease in COF over time, followed by a plateau. This behavior may be caused
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by the gradual elution of PMEDSAH from the bulk to the surface of the hydrogel, an area of
current inquiry.
One major area of potential for these zwitterionic blends is in the repair of focal chondral
defects. Numerous researchers have considered PVA-H as a synthetic implant to repair articular
cartilage damaged by injury or disease [100,110,113,114,120,162]. Considerable effort has gone
into characterizing and improving PVA-H mechanical stability [102,170-173]. Thus PVA-H is
considered to have suitable tensile and compressive mechanical properties to be able to function
as a cartilage or meniscus implant. Although these PVA-H successfully replicate the fluid
pressurization mechanism exhibited by the natural tissue, they often fail to replicate surface
boundary lubrication mechanisms brought about by proteoglycan-synovial fluid interactions [123].
Investigations that have sought to improve the tribological properties of PVA-H include the
fabrication of PVA-polyvinyl pyrrolidone blends, and surface functionalization of a hydrophobic
boundary lubricant molecule [102,114]. Based on the results of this study, blending PVA with
PMEDSAH appeared to result in a very effective approach for enhancing the tribological
properties of PVA hydrogels while preserving desirable mechanical properties comparable to the
neat material.
There were several limitations identified in this study. One limitation is that COF is not a
singular value. Friction measurements are strongly dependent on experimental parameters,
specifically, the nature of the two opposing surfaces and the lubricating fluid [17,174]. For
hydrogels, the polymer content effects friction. Hydrogels with a high polymer content generally
exhibit stiffer surface properties and lower water contents. As a result, heightened effects of surface
asperities and the reduction in fluid available to lubricate the surface promote the generation of
shear resulting in higher coefficients of friction [136].
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Considering test parameters for hydrogels, COF can be increased by increasing load,
because depth of contact increases due to hydrogels viscoelasticity [175], an area unexplored in
our study. The sliding velocity can also affect COF, namely, a slow sliding speed may be
manifested as a high COF due to the surface deforming at the same rate as the sliding speed,
providing a large contact area. A fast sliding velocity often yields a low COF because the
deformation rate of the gel lags behind the slider leading to small contact area and depth. Finally,
the mechanical and chemical properties of the lubricant play an important role in dictating COF.
High viscosity lubricants often yield low COF at a low sliding speeds since the fluid is not easily
displaced, leading to an increase in fluid film thickness. Also, if a lubricant is able to interact with
the contacting surfaces this gives rise to a low COF because molecules in lubricant do not permeate
into the gel, leading to a thicker fluid film [175]. Water was used as the lubricant to highlight the
hydration lubrication mechanism associated with zwitterionic polymers and also minimize viscous
effects. However, since COF values can be varied based on details of the experimental setup, the
emphasis for COF data should be placed on the relative magnitudes between the groups rather than
in their absolute values.
Although this investigation does provide evidence that blending PVA with PMEDSAH
results in the production of a low friction hydrogel, the effects of molecular weight have not yet
been investigated. We postulate that changing the molecular weight of the boundary lubricant may
have a significant effect on the mechanics and tribology of these biomaterials. This will be the
subject of a future investigation. In addition, chemical characterization of the tribologically
enhanced hydrogels was limited to FTIR-ATR. Conformation of the boundary lubricant structure
should be characterized further via NMR spectroscopy. This will also be included in our
assessment of the effects of molecular weight.
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Another limitation in testing was that contact angle measurements are influenced by
roughness. Caution was taken so that impurities during processing were minimized, but for
hydrogels, deviations in surface roughness can range significantly [163,176,177]. The nominal
surface roughness of the hydrogels was found to be around 0.51 μm, which is satisfactory for
biomedical applications. For example, if this material was used as a cartilage implant, these values
are on the order of roughness that has been reported for articular cartilage, which can range from
0.1 to 1 μm [178].
Finally, this study only considered constant sliding motion at the lower end of
physiologically relevant loads. Tests were performed this way intentionally, so as to maintain
boundary lubrication conditions throughout the experiments [17]. Future testing needs to explore
loading and sliding situations that are physiologically relevant to specific applications. For
example, hydrogels could be articulated against cartilage in both rolling and sliding motion to
study the friction and wear of the natural and synthetic counter-faces.

2.6 Conclusion
This investigation describes enhancement of the tribological properties PVA-H by
incorporation of a zwitterionic polymer that served as a boundary lubricant embedded within the
hydrogel matrix. With a relatively simple solvent casting and freeze-thaw processes, PVAPMEDSAH blends were successfully prepared. Chemical, physical, mechanical and tribological
analysis was performed to analyze the structure-property relationships. The results showed a
dramatic reduction in COF with as little as 5 wt% PMEDSAH, while maintaining
cytocompatibility, mechanical and physical properties comparable to the neat material. This novel
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approach provides a promising platform for further investigation of enhancing the boundary
lubricant properties of hydrogels for use in biomedical applications.
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CHAPTER 3: EFFECTS OF LUBRICANT CHAIN LENGTH ON THE MECHANICS
AND TRIBOLOGY OF ZWITTERIONIC HYDROGEL BLENDS

3.1 Introduction
Results discussed in Chapter 2 indicate that blending PVA with PMEDSAH results in
significant reduction in coefficient of friction while maintaining comparable physical and
mechanical properties to the neat material. While the compression experiments described
previously are useful for relative comparisons between sample types, the reported compressive
modulus is not a true material property. Material properties of biphasic materials such as hydrogels
and articular cartilage can be ascertained through the application of an analytical model. Such
models allow investigators to relate controllable mechanical test conditions to material properties
which in turn can be used to predict behavior which may not be measurable directly (i.e. stress and
fluid load support).
In articular cartilage, compressive loading results in pressurization of the fluid contained
within the collagenous matrix. This behavior is attributed to the high-water content (~80%) and
low permeability (~1.8 × 10-3 mm4/N∙s) of articular cartilage. In addition to minimizing stress on
the solid phase of the tissue, experimental reports have revealed that as fluid load support subsides,
coefficient of friction increases by as much as 2 orders of magnitude [20]. These insights have
motivated the investigation described in this chapter, which uses an analytical model, recently
developed by Moore and Burris to characterize the mechanics of articular cartilage, to investigate
the effects of PMEDSAH molecular weight on interstitial fluid load support.
Given the high-water content of PVA-H and PMEDSAH’s solubility in water it was
hypothesized that compressive loading may cause the boundary lubricant to be eluted to the surface
of the hydrogels as a result of pressure driven flow. This type of behavior would be valuable for a
62

self-replenishing tribological system. Both passive and pressure driven diffusion experiments were
performed to access the feasibility of this hypothesis and to investigate the effect of boundary
lubricant molecular weight on the diffusive kinetics of the blend. In addition to diffusion
experiments and characterization of fluid load support, this chapter will also detail the effects of
boundary lubricant molecular weight on COF vs sliding speed behavior and hydrogel
microstructure to provide additional insight into the identification of critical factors for the design
of a tribologically enhanced polymeric system.

3.2 Hydrogel Fabrication Method

3.2.1 Materials
2,2′-Azobis(2-methylpropionamidine) dihydrochloride (AAPH), [2-(methacryloyloxy)
ethyl] dimethyl-(3-sulfopropyl) ammonium hydroxide) (MEDSAH), sodium chloride, and
polyvinyl alcohol (PVA, 99% hydrolyzed) with a reported average molecular weight of 130,000
g/mol were purchased from Sigma-Aldrich (St. Louis, MO). All chemicals were used as received.
Deionized water was obtained from a Synergy® Water Purification System (Merk Millipore,
Billerica, MA).

3.2.2 Boundary Lubricant Synthesis and Hydrogel Fabrication
The zwitterionic polymer poly(MEDSAH), hereafter PMEDSAH, was prepared by free
radical polymerization initiated by AAPH under nitrogen in a DI water solution with a monomer
concentration of 0.25 M. The ratio of monomer to initiator molar concentration, [M0]/[I0], spanned
from 65 – 400 to achieve a wide range of molecular weights. The reactions were performed at 65
o

C for 6 h at which point the polymer was harvested with a Busci Rotovapor® R-210 rotary
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evaporator (Buchi Analytical Inc, New Castle, DE) at 60 oC for 1 h. The harvested polymer was
subsequently ground to a fine powder and dried at -30 in.Hg in an Isotemp Vacuum Oven (Fisher
Scientific, Hampton, NH) at room temperature for 24 h.
Hydrogels were fabricated via a similar method to what was described in our previous
manuscript [179]. First a prescribed amount of PMEDSAH was dissolved in 0.2 M aqueous NaCl
and then mixed with PVA to achieve 40 wt% (m/v) PVA relative to solvent. The mixtures were
then heated at 90 oC for 6 h and the subjected to four freeze thaw cycles where samples were frozen
at -80 oC for 0.5 h and then thawed at room temperature for 0.5 h. All samples were fabricated in
the form of 12 mm diameter discs that were each nominally 5 mm thick.

3.3 Characterization Methods

3.3.1 Viscosity Average Molecular Weight
Given the previously reported Mark-Houwink parameters for PMEDSAH (at 21 oC in 0.2
M aqueous NaCl), a = 0.4071, and k = 2.06 × 10-3, intrinsic viscosity measurements for aqueous
boundary lubricant solutions were used to calculate the viscosity average molecular weight [180].
Viscosity measurements were performed with a m-VROCTM viscometer (RheoSense, San Ramon,
CA). Stock solutions with 3.5 g/dL polymer concentration were subsequently diluted with 0.2 M
aqueous NaCl to 14 g/dL. Measurements were performed in triplicate and viscosity was measured
at five different concentrations for a given molecular weight. Relative viscosity, 𝜂𝑟 , was computed
from the measured solution viscosity 𝜂, and the solvent viscosity, 𝜂𝑠 and can be expressed as 𝜂𝑟 =
𝜂⁄𝜂𝑠 . Specific viscosity (𝜂𝑠𝑝 ) can be expressed as 𝜂𝑠𝑝 = 𝜂𝑟𝑒𝑙 − 1. Intrinsic viscosity was
calculated by linear extrapolation to zero concentration (𝑐 = 0) of reduced viscosity, 𝜂𝑟𝑒𝑑 =
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𝜂𝑠𝑝 ⁄𝑐 , and inherent viscosity, 𝜂𝑖𝑛ℎ = ln 𝜂𝑟 ⁄𝑐 in accordance with the Huggins and Kraemer
equations [181].

Figure 3.1 – Schematic illustration of the experimental setup used for measuring the viscosity of the
aqueous polymer solutions.

3.3.2 Boundary Lubricant Diffusion
The m-VROCTM viscometer (RheoSense, San Ramon, CA) was also used to measure the
diffusive properties of PMEDSAH within the PVA-H matrix. For passive diffusion experiments,
1 mL of 0.2 M aqueous NaCl was added to the surface of hydrogels immediately after the final
freeze thaw cycle (Figure 3.2). Samples were stored on a shaker table in a 37 oC incubator and
viscosity of the supernatant was measured at time points ranging from 1-12 days. After
constructing a calibration curve for solution viscosity versus polymer concentration, the amount
of polymer that had diffused out of the hydrogel could be computed. Analysis of the passive
diffusion kinetics was performed with an empirical power law model developed by Peppas et al
[182,183]:
𝑀𝑡
𝑀∞

= 𝐾𝑡 𝑛

(3.1)

PMEDSAH elution was characterized by indenting the surface of the hydrogel with a 6.35 mm
diameter stainless steel spherical indenter tip attached to a AR-G2 rheometer (TA Instruments,
New Castle, DE) as illustrated in Figure 3.3. Indentation was performed at 18 oC after passive
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diffusion had subsided. Samples were indented by as much as 30% of the sample thickness at an
indentation rate of 10 μm/s and then held for 1 minute before the load was released and the
supernatant collected.

Figure 3.2 - Scheme illustrating the test conditions for characterizing passive boundary lubricant diffusion

Figure 3.3 - Scheme illustrating the test conditions for characterizing pressure driven boundary lubricant elution

3.3.3 Rate Controlled Hertzian Indentation
The effects of PMEDSAH molecular weight on the mechanics of the zwitterionic hydrogel
blends were characterized within the context of Hertzian biphasic theory (HBT). These
experiments stem from an analytical solution to the Hertzian contact problem for a biphasic semiinfinite half space derived by Moore and Burris [184]. This method allows us to compute four
material properties: effective contact modulus, 𝐸𝑐 , equilibrium contact modulus, 𝐸𝑐0 , tensile
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modulus, 𝐸𝑡 , and permeability, 𝑘

[185]. All experiments were performed with an AR-G2

rheometer (TA Instruments, New Castle, DE) with a 6.25 mm diameter stainless steel spherical
indenter tip (Figure 3.4). As detailed previously [185], effective contact modulus, a function of
normal force, 𝐹𝑁 , probe radius, 𝑅, and penetration depth, 𝛿, is defined as:
3

𝐸𝑐 = 4 𝐹𝑁 𝑅 −0.5 𝛿 −1.5 (3.2)
Effective contact modulus was computed at indentation rates, 𝛿̇ , ranging from 0.1 – 100
μm/s in randomized order. Equilibrium contact modulus, 𝐸𝑐0 , was computed via stress relaxation
experiments. A previously described approximate solution was fit to the experimental loadrelaxation data allowing us to compute 𝐸𝑐0 [186]. The relaxation data was fit using equation 3.
𝐹𝑁 (𝑡) = ∑3𝑖=0 𝐵𝑖 𝑒 −𝑡⁄𝜏𝑖

(3.3)

Given the indentation ramp time, 𝑡𝑅 , and the ramp correction factors given as:
𝜏

𝑅𝐶𝐹𝑖 = 𝑡 𝑖 (𝑒 𝑡𝑅 ⁄𝜏𝑖 − 1), 𝑖 = 1,2,3
𝑅

(3.4)

The material parameters, 𝐶𝑖 , for a given displacement, 𝛿, can be expressed as:
𝐵

𝐶0 = 𝛿3/2 (80

√𝑅/3)

(3.5)

and
𝐵

𝐶𝑖 = (𝑅𝐶𝐹 )𝛿3/2𝑖 (8

√𝑅/3)

𝑖

, 𝑖 = 1,2,3

(3.6)

Given material parameters, 𝐶𝑖 , and the radius of the indenter tip, 𝑅, contact modulus expressed as:
𝐵

𝐶𝑖 = (𝑅𝐶𝐹 )𝛿3/2𝑖 (8

√𝑅/3)

𝑖

(3.7)

was used as an additional constraint on the optimization function by using it fit the indentation
curve. Equilibrium contact modulus was expressed as:
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3

𝐸𝑐0 = 2 𝐶0

(3.8)

Given 𝐸𝑐0 and 𝐸𝑐 (𝛿̇ ), a non-linear least squared curve fit algorithm was applied to equation
3 to compute permeability, 𝑘, and tensile modulus 𝐸𝑡 for a given sample type. All tests were
performed in DI water at room temperature.
𝐸𝑐 =

𝐸0
𝐸𝑡
𝛿̇𝑅
)
1−(
∙
𝐸𝑡+𝐸0 𝛿̇𝑅+𝐸0 𝑘

(3.9)

Given 𝐸𝑐 , 𝐸𝑐0 , 𝐸𝑡 , and 𝑘 for a given sample type the fluid load fraction, 𝐹 ′ can be expressed as:
𝛿̇ 𝑅

𝐸

𝐹 ′ = (𝐸 +𝐸𝑡 ) (𝛿̇𝑅+𝐸
𝑡

𝑐0 𝑘

𝑐0

)

(3.10)

Figure 3.4 - Schematic illustration of the test conditions for (left) indentation testing

3.3.4 Small Angle X-Ray Scattering
Small-angle X-ray scattering (SAXS) was performed to investigate how PMEDSAH
influenced long range molecular order of the hydrogel matrix. Experiments were conducted with
a Rigaku SMAX 3000 Pinhole SAXS instrument operating at 45 kV and 0.88 mA producing Cu
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Kα X-ray radiation (λ = 1.5405 Å) at a sample-detector distance of 1550 mm. Hydrogels were cut
into 1 mm thick films and encapsulated in Kapton® tape prior to being placed in the X-ray chamber
under ambient pressure. Kapton® windows were used to isolate the chamber from the evacuated
source and detector tubes. 1D SAXS patterns were plotted as intensity, I, vs scattering vector, q.

3.3.5 Differential Scanning Calorimetry
The effects of PMEDSAH on hydrogel crystallinity was characterized via differential
scanning calorimetry (Q200 TA Instruments, New Castle, DE). Specimens obtained from the
center of the neat and 25 wt% PMEDSAH hydrogels were hermetically sealed inside stainlesssteel pans and heated at 10 oC/min under flowing nitrogen atmosphere from 40 to 250 oC. Hydrogel
degree of crystallinity was calculated via the ratio of the heat of fusion, ∆H, of the hydrogel
(normalized for the solid mass) and the reported enthalpy of melting for 100% crystalline PVA
∆Hc [187-189].

3.3.6 Scanning Electron Microscopy
A JEOL JSM-5600 Scanning Electron Microscope (SEM) was used to study the
microstructural morphology and surface topography of the zwitterionic hydrogel blends. Samples
were frozen for at least 12 h in a -80 oC freezer and then lyophilized with a Labconco FreeZone
2.5 Plus (Labconco, Kansas City, MO). Following lyophilization, all samples were sputter coated
with gold via a Desk II Sputter Coater (Denton Vacuum LLC, Moorestown, NJ) for 45 s prior to
SEM. Both surfaces and cross sections were imaged at an acceleration voltage of 8 kV.

3.3.7 Tribo-Rheometry
The effects of boundary lubricant molecular weight on coefficient of friction were
characterized with an AR-G2 rheometer (TA Instruments, New Castle, DE). Disc-shaped
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hydrogels were press fit into an adapted tribo-rheometry accessory which served as the upper
geometry. The lower contacting surface was a glass petri dish filled with DI water (Figure 3.5).
Hydrogels were subjected to average contact pressure of 0.1 MPa and were rotated at angular
velocities ranging from 0.1 to 5 rad/s in randomized order. The rheometer operation under position
control rather than force control. To minimize the effects of stress relaxation samples were
unloaded before changing angular velocity. All PVA PMEDSAH blends contained 10 wt%
PMEDSAH. Given the measured normal force, 𝐹𝑁 , torque, 𝑇, and the hydrogel offset radius, 𝑅,
coefficient of friction was calculated using the following equation:

𝜇=𝐹

𝑇

(3.11)

𝑁 ∙𝑅

Figure 3.5 - Schematic illustration of the test conditions for measuring coefficient of friction
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3.3.8 Statistical Analysis
All statistical analyses were conducted with Minitab 17 (Minitab Inc., State College, PA).
One way ANOVA with a significance level α = 0.05 was performed for all hypothesis testing.

3.4 Results

3.4.1 Viscosity Average Molecular Weight
The boundary lubricant chain length or viscosity average molecular weight was determined
though intrinsic viscosity measurements and the Mark-Houwink parameters for PMEDSAH (at 21
o

C in 0.2 M aqueous NaCl). Viscosity measurement result reveal a trending increase in boundary

lubricant molecular weight with decreasing initiator concentration relative to monomer
concentration (Figure 3.6). Diffusion, indentation, and friction experiments were performed with
PMEDSAH molecular weight ranging from 50 – 825 kDa (Table 3.1).

Figure 3.6 - Effects of synthesis parameters on boundary lubricant molecular weight
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3.4.2 Boundary Lubricant Diffusion
Diffusion of PMEDSAH was characterized by immersing hydrogels in aqueous NaCl and
measuring changes in supernatant viscosity. An empirical power law model was used to
characterize the diffusive properties of PMEDSAH within the PVA hydrogel matrix. Use of the
power law resulted in a satisfactory fit of the experimental data with coefficient of determination
ranging from 0.59 – 0.71 (Figure 3.7). This characterization method revealed a trending increase
in diffusion coefficient with increasing PMEDSAH molecular weight and a trending decrease in
the release exponent (Table 3.2). Measurement of supernatant viscosity following hydrogel
indentation revealed an apparent increase in PMEDSAH release when the boundary lubricant
molecular weight was ≤ 180 kDa (Figure 3.7).

Table 3.2 - Proportionality constant and release exponent for diffusion power law
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Figure 3.7 - Effect of boundary lubricant molecular weight on boundary lubricant diffusion (left) and elution (right)

3.4.3 Rate Controlled Hertzian Indentation
Fitting experimental indentation and stress relaxation data via Hertz contact theory a
numerical approximation resulted in an excellent fit with coefficient of determination very close
to 1 in all cases (Figure 3.8). Result did not reveal any apparent trends regarding the effects of
boundary lubricant molecular weight on hydrogel contact modulus however regardless of BL
molecular weight a trending increase in contact modulus was observed as PMEDSAH content
increased. In all cases blending PVA with 25 wt% PMEDSAH resulted in a statistically significant
increase in hydrogel contact modulus (Figure 3.9). As displayed in Figure 3.10, application of
Hertzian biphasic theory revealed that the contact model provided a satisfactory fit of the
experimental data with coefficient of determination between 0.58 – 0.91). The blends provided the
best fit with 0.76 < R2 < 0.91. Based on the contact model fit increasing PMEDSAH molecular
weight results in an order of magnitude decrease in hydrogel permeability (Table 3.3).
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Figure 3.8 Representative contact model fit for indentation (left) and stress relaxation(right) experiments

Figure 3.9 - Effects of boundary lubricant molecular weight and boundary lubricant content on hydrogel contact
modulus

Table 3.3 - Material properties determined through curve fitting HBT contact model to experimental data
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Figure 3.10 - Hertzian biphasic theory contact model fit for neat PVA and 25 wt% PVA PMEDSAH blends

3.4.4 Physical Characterization
Blending PMEDSAH with PVA did not appear to influence small angle x-ray diffraction.
The processing method did result in a statistically significant change in bulk crystallinity based on
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the entropy of melting measurements performed with DSC (Figure 3.11). Neat PVA hydrogels
displayed an average degree of crystallinity of 38.5 ± 5.0% compared to the 25 wt% blend which
displayed an average degree of crystallinity of 50.9 ± 5.0% (Table 3.3). Low magnification (as
low as X100) imaging via SEM revealed the presence of PMEDSAH on both the surface and
through the cross section of the hydrogel (Figure 3.12). Bulk hydrogel porosity is apparent at
magnification greater than X950 however there is no distinct difference apparent porosity between
neat PVA and blends containing 25 wt% PMEDSAH. Hydrogel pores sizes were heterogeneously
distributed with diameters ranging from single micron to nanometer scale (Figure 3.13).

Figure 3.11 - Hydrogel degree of crystallinity determined through differential scanning calorimetry (left) and
representative thermograms (right) for neat PVA compared to a 25 wt% PMEDSAH blend

Table 3.4 - Hydrogel degree of crystallinity determined enthalpy of melting
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Figure 3.12 - SEM micrographs of the surface microstructure of neat PVA-H (top) and PVA-PMEDSAH hydrogel
blends (bottom)

Figure 3.13 - SEM micrographs illustrating the porosity of neat PVA (top) and 25 wt% PMEDSAH blends (bottom)

3.4.5 Tribo-Rheometry
Hydrogels were tested against glass in DI water at angular velocities ranging from 0.1 – 5
rad/s to characterize the effect of PMEDSAH molecular weight on hydrogel COF vs sliding speed.
Neat PVA displayed a trending increase in average COF from 0.04 to 0.14 when angular velocity
is increased from 0.1 – 1 rad/s. This is followed by a trending decrease in COF as angular velocity
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is increased from 1 rad/s to 5 rad/s (Figure 3.14). The blends display very different behavior with
a trending increase in COF as angular velocity increases. While there is no statistically significant
difference between COF vs time for 50 and 180 kDa PMEDSAH the blend containing 825 kDa
PMEDSAH displayed a statistically significant increase in COF compared to the lower molecular
weight blends. All blends displayed a statistically significant decrease in COF compared to neat
PVA at 1 rad/s.

Figure 3.14 - Frictional behavior of neat PVA hydrogels and PVA PMEDSAH blends against glass with
PMEDSAH molecular weight ranging from 50 – 825 kDa (left). Representative COF vs time curves for hydrogels
articulating against glass a 1 rad/s (right)

3.5. Discussion
Previously we have shown that PMEDSAH is an effective boundary lubricant which can
be used to reduce hydrogel COF through the fabrication of PVA PMEDSAH zwitterionic hydrogel
blends. Since hydrogels are a permeable (consisting of about 80% water [179]) and the zwitterionic
boundary lubricant is soluble in water, we postulated that the boundary lubricant may be
susceptible to diffusion within the hydrogel matrix. Results from passive diffusion experiments
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revealed a trending increase in diffusion coefficient, K, with increasing PMEDSAH molecular
weight and a trending decrease in n.
While the empirical power law model used for this investigation is not suitable for
predicting complex diffusive phenomena it does provide a quantitative analog to diffusion
coefficient and the exponent n defines the release mechanism. When n = 0.5 the model is
equivalent to the approximation of the exact solution to Fick’s second law for thin films [183].
Sensitivity analysis was performed to access how K and n influenced the release curve (Figure
3.15). Each term has a unique effect with K acting as a proportionality constant increasing the
magnitude of the rate of release without influencing the general shape of the curve. On the other
hand, n significantly influences the shape of the release curve with n > 0.5 the curve resembles a
burst release where n < 0.5 approaches a linear increase in release with time.

Figure 3.15 - Sensitivity of power law diffusion model

The release kinetics of 825 kDa PMEDSAH resembles a burst release of boundary
lubricant. Increasing polymer molecular weight is understood to result in an increase in
hydrodynamic radius therefore we postulate the higher molecular weight boundary lubricant is
more susceptible to rejection from the hydrogel matrix during the freeze thaw process. PMEDSAH
elution results indicate that the boundary lubricant is susceptible to elution when its molecular
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weight is less than 180 kDa. We postulate that due to the large hydrodynamic radius of 825 kDa
PMEDSAH, the is a higher concentration of polymer toward the outside of the matrix causing the
initial significant increase in PMEDSAH release compared to the lower molecular weight blends.
Following the initial burst release, PMEDSAH release appears to reach a steady value faster than
the lower molecular weight blends. Boundary lubricant mobility is desirable for a tribologically
enhanced hydrogel with pressure driven flow carrying solubilized boundary lubricant from the
bulk material towards the surface. A number of theoretical and experimental investigations
involving the mechanics of biphasic materials such as articular cartilage supports the feasibility of
this lubrication mechanism [20,190].
Indentation testing revealed a trending increase in hydrogel contact modulus with
increasing PMEDSAH content. The 25 wt% blends displayed a statistically significant increase in
contact modulus compared to neat PVA at all molecular weights. There was no apparent trend in
the effect of PMEDSAH molecular weight on hydrogel contact modulus. Application of the HBT
contact model is ideal for characterizing biphasic materials because it allow for prediction of fluid
load support behavior which is critical to tribological performance. Results reveal that blending
PVA with PMEDSAH results in an order of magnitude decrease in permeability and as much as
an 80% increase in tensile modulus. HBT reveals that a decrease in permeability and an increase
in tensile modulus are ideal for improving fluid load support. Hertzian biphasic theory provides a
constitutive relation which predicts fluid load support behavior following the determination of
measurable material properties. Application of this theory revealed that the boundary lubricant
enhances the hydrogels ability to provide interstitial fluid load support by as much as 69%. This
behavior may be due to structural remodeling of the hydrogel matrix due to the presence of the
zwitterionic polymer or electrostatic interaction between PMEDSAH and water molecules. The
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later mechanism is understood to describe the role of proteoglycans and other polar molecules
found in articular cartilage. Characterization of the sensitivity of this contact model reveals that
each term has an independent effect on the model prediction (Figure 3.16). An increase in
permeability and/or tensile modulus result in an increase in contact modulus strain rate
dependence.

Figure 3.16 - Sensitivity of HBT contact model developed by Moore and Burris [185]

Figure 3.17 – Effect of boundary lubricant molecular weight on interstitial fluid load support compared to
bovine cartilage result obtained by Moore and Burris via application of Hertzian biphasic theory [185].

SEM was performed to investigate whether blending PVA with PMEDSAH resulted in
distinct changes in hydrogel porosity. Results revealed no apparent changes in porosity. Another
possible explanation for the trending increase in contact modulus with and increase PMEDSAH
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content is the formation of ionic crosslinks between PMEDSAH molecules. SAXS was performed
to investigate this hypothesis but result did not reveal any apparent changes in hydrogel diffraction
patterns. DSC revealed a statistically significant increase in hydrogel crystallinity in 25 wt%
PMEDSAH blends compared to the neat material. Like the theta-gel method developed by Ruberti
and Braithwaite, we postulate that water has a higher affinity for PMEDAH than PVA resulting in
the formation of stiffer, more crystalline hydrogels. Since water has a higher affinity for
PMEDSAH than PVA PVA molecules are understood to be more susceptible to hydrogel bonding
and crystalline formation during solvent casting can freeze thaw processing [191,192].
Unlike many solid materials, hydrogel COF is not a constant. Instead it depends on several
factors including contact pressure, interfacial interactions, bulk lubricant properties, and sliding
speed. As initially reported by JP Gong and her colleagues, hydrogel friction behavior can be
described as repulsive of attractive [174]. Under repulsive conditions COF vs sliding speed
behavior resembles the relationship between shear stress and shear rate in Couette flow. This
behavior occurs when the interaction between the hydrogel and the solid substrate is weaker than
that of the solvent and the COF behavior is dictated by the viscosity of the solvent. On the other
hand, COF behavior of surfaces with an attractive interaction display a trending increasing in COF
with sliding velocity followed by a steady decrease following a critical velocity. This steady
decrease in COF with increasing velocity is followed by a transition into hydrodynamic
lubrication.
PVA is understood to have an attractive interaction with glass [193]. Given the hydration
lubrication paradigm developed by Klein and his colleagues, we postulated that blending PVA
with PMEDSAH would hinder the attractive interaction between PVA and the glass [4]. The
friction test results we observed support this hypothesis. PVA displays COF vs sliding speed
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resembling what has been reported in the literature while the zwitterionic blends display COF vs
time behavior which resembles what one would expect for a material with a repulsive interaction.
We also observed the COF of 825 kDa PMEDSAH is significantly higher than the lower molecular
weight blends. Since increasing PMEDSAH molecular weight increases hydrodynamic radius we
postulate that the increase in COF for the highest molecular weight blend is attributed to an
increase in the viscosity of the aqueous lubricating layer between the hydrogel and the glass
surface. All hydrogels display COF vs time behavior resembling what has been reported for
articular cartilage tested under stationary contact [20]. Under such conditions a steady increase in
coefficient of friction is observed as fluid load support subsides.

3.6 Conclusion
This investigation sought to investigate the effects of PMEDSAH’s molecular weight on
the mechanics, tribology and diffusive properties of zwitterionic hydrogel blends. Results revealed
that the PMEDSAH is mobile within the hydrogel matrix however this mobility is heavily
influenced by the molecular weight of the boundary lubricant. This property is ideal for long term
low friction applications as a reservoir of lubricant is contained within the matrix which can be
eluted to the surface through pressure driven interstitial fluid flow. The presence of PMEDSAH
was also found to enhance the hydrogel’s ability to provide biomimetic interstitial fluid load
support. This result is attributed to electrostatic interaction between the boundary lubricant and DI
water rather than macroscale remodeling. We postulate that the unique properties of the novel
biomimetic hydrogel fabrication approach described in this manuscript are suitable for a wide
range of medical applications including articular cartilage repair, guide wire coatings, and soft
contact lenses.
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CHAPTER 4: SYNTHESIS AND CHARACTERIZATION OF ZWITTERIONIC
POLYMER BRUSH FUNCTIONALIZED HYDROGELS WITH IONIC RESPONSIVE
COEFFICIENT OF FRICTION

4.1 Introduction
Fundamental studies on the behavior of surfaces bearing grafted polymers, often referred
to as polymer brushes, has been a subject of interest in the scientific community since the early
1980’s. [194-196] The polymer chains which form these structures are tethered on one end to a
surface through a chemical bond while the other end is free. These nanometer scale features
promote a relatively fluid interface between articulating surfaces, making them an effective
boundary lubricant. [197,198] More recently, rigid surfaces bearing zwitterionic polymer brushes
have been shown to promote even lower coefficients of friction due to hydration lubrication
coupled with the inherent friction reducing properties of the polymer brushes. [58,199]
Hydrophilic polymer brushes have also been shown to reduce hydrodynamic drag in microfluidic
devices by promoting slip. [200] This behavior may explain the nature of blood flow through
capillaries. [201]
Based on the findings that have been detailed in chapters 2 and 3 along with previously
reported investigations on the behavior of zwitterionic polymer brushes, it was postulated that the
tribological performance and biomimetic nature of hydrogels could be improved through the
functionalization of zwitterionic polymer brushes. Although many studies have investigated the
physical, biochemical, and tribological properties of surfaces bearing zwitterionic polymer
brushes. To the best of our knowledge none have reported the synthesis or synergistic effects of
grafting zwitterionic polymer brushes on a biphasic material capable of supporting fluid load
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support on the order of articular cartilage. Instead, these studies have been limited to rigid
substrates such as gold, silicon, and mica. [39,202,203]
This chapter details the synthesis and characterization of two unique types of polymer
brush functionalized hydrogels. The zwitterionic polymers of choice included poly[2(methacryloyloxy) ethyl dimethyl-(3-sulfopropyl) ammonium hydroxide] (PMEDSAH) and poly
(2-methacryloyloxyethyl phosphorylcholine) (PMPC). In addition, the surface properties of these
novel hydrogels were characterized via infrared (IR) spectroscopy, contact angle goniometry and
scanning electron microscopy (SEM). The impact of brush functionalization on the mechanics
and tribological properties will also be reported within the context of Hertzian contact theory and
friction experiments. Finally, cytotoxicity towards L929 fibroblast cells was investigated to access
the feasibility of this processing method for materials intended for tissue engineering applications.

4.2 Hydrogel Fabrication Method

4.2.1 Materials
Polyvinyl alcohol (PVA, 99% hydrolyzed) with a reported average molecular weight of
130,000 g/mol, α-bromoisobutyryl bromide (BB), N-methyl-2-pyrrolidone (NMP), [2(methacryloyloxy) ethyl] dimethyl-(3-sulfopropyl) ammonium hydroxide) (MEDSAH), 2methacryloyloxyethyl phosphorylcholine (MPC), 2,2,2-trifluoroethanol, copper(I) chloride, and
2,2′-bipyridyl were purchased from Sigma-Aldrich (St. Louis, MO). All chemicals were used as
received.
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4.2.2 PVA-H Fabrication
Neat PVA-H was prepared following a prior report with modifications [151]. Solutions
were first prepared by solvent casting a 40 wt% (m/v) mixture of PVA and deionized (DI) water.
The mixture was heated at 90 °C in an isothermal oven (Fisher Scientific, Waltham, MA) for 6 h
resulting in a viscous, transparent solution. Stirring was not done during solvent casting due to the
high viscosity of the solution and propensity to bubble formation. Following solvent casting,
samples were subjected to four freeze-thaw cycles where samples were frozen at -80 °C for 30 min
and then allowed to thaw at room temperature for 30 min. This cyclic freeze-thaw process is
understood to reinforce the hydrogel structure through formation of crystalline regions, the
concentration of these crystalline regions increasing with each successive freeze-thaw cycle.
Following the freeze thaw process, samples were immersed in DI water for at least 48 h to ensure
they reached equilibrium swelling.

4.2.3 Zwitterionic Polymer Brush Functionalization
Fully hydrated PVA-H were immersed in ethanol for 48 h followed by 24 h in a vacuum
oven at room temperature at -100 kPa (Isotemp Vacuum Oven, Fisher Scientific). ATRP initiator
functionalization was achieved by immersing dehydrated PVA-H in NMP containing 0.4 M
bromoisobutyryl bromide at 50 oC for 1 h resulting in BB-PVA-H (Figure 1a). Polymerization of
MEDSAH and MPC was achieved under identical reaction conditions. The effects of synthesis
parameters on brush functionalization and coefficient of friction were characterized by varying
catalyst content between 0.01 – 0.04 M and monomer content between 0.09 – 0.35 M. In all cases
5 mL test glass vessels containing dehydrated BB-PVA-H with catalyst CuCl and ligand 2,2′bipyridyl, and monomer MPC or MEDSAH were degassed under nitrogen prior to the addition of

86

solvent trifluoroethanol. The anticipated surface chemistry of PMEDSAH PVA and PMPC PVA
are illustrated in Figure 4.1b and c respectively.

Figure 4.1 - (a) Scheme illustrating the functionalization of ATRP initiator α-bromoisobutyryl bromide to the
surface of a dehydrated PVA-H. (b) Chemical structure of the surface of a PMEDSAH brush functionalized PVA-H.
(c) Chemical structure of a PMPC brush functionalized PVA-H

4.3 Characterization Methods

4.3.1 Fourier Transform Infrared Spectroscopy with Attenuated Total Reflection (FTIR-ATR)
FTIR-ATR was used to quantitatively characterize the chemical composition of the neat
PVA-H, BB-PVA, PMEDSAH-PVA, and PMPC- PVA surfaces. This was achieved with a
AutoIMAGE FTIR-ATR microscope (PerkinElmer Inc., Waltham, MA). Absorbance spectra were
collected over a range of 4000 - 400 cm-1.
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4.3.2 Coefficient of Friction
Coefficient of friction, μ, was measured against glass and stainless steel with an AR-G2
rheometer (TA Instruments Inc., New Castle, DE). To measure coefficient of friction against glass,
three 12 mm disc shaped hydrogels were press fit into an adapted tribo-rheometry accessory and
articulated against a glass petri dish (Figure 4.3a). Samples were subjected to an average contact
pressure of 0.1 MPa and translated at an average velocity of 3.5 mm/s. Given measurement of
applied torque, T, and normal force FN, the average μ was calculated by equation 4.1. Fiction tests
were performed in 18 oC DI water and 0.2 M aqueous NaCl.
COF 

T
FN  R

(4.1)

To measure coefficient of friction against steel, hydrogels were confined in a bath
containing 18 oC DI water and 0.2 M aqueous NaCl. Samples were subjected to an average contact
pressure of 0.4 MPa with a 20-mm diameter stainless steel parallel plate (TA Instruments Inc.,
New Castle, DE) at an angular velocity of 1 rad/s. Under these test conditions, the applied toque
overcomes coefficient of friction over velocity ranging from 0 – 𝜔𝑅 (where 𝑅 is the radius of the
hydrogel). Investigations from Gong and her colleagues have revealed that hydrogel coefficient
of friction is linearly proportional to the total contact area, A, and velocity [193,204]. Given this
assumption, friction force per unit area, f, at radial position, r, and angular velocity, ω, can be
expressed as:
𝑓 = 𝐴𝜔𝑟

(4.2)

Given friction force per unit area, the total friction force can be expressed as:
𝑅

𝐹 = ∫0 2𝜋𝑟𝑓 𝑑𝑟 =

2
3

𝜋𝐴𝜔𝑅 3

Similarly, the total torque can be expressed as:
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(4.3)

𝑅

𝜋

𝑇 = ∫0 2 𝜋𝑟𝑓𝑟 𝑑𝑟 =

2

𝐴𝜔𝑅 4

(4.4)

Solving equation 4.3 for 𝐴𝜔 as a function of 𝐹 and 𝑅 and substituting that equation into 4.4, an
approximation for the total friction force as a function of applied torque and the radius of the
hydrogel can be expressed as:
4𝑇

𝐹 = 3𝑅

(4.5)

Noting that coefficient of friction is defined as the ratio to total friction force to normal force, the
coefficient of friction is expressed as:
4𝑇

𝐶𝑂𝐹 = 3𝐹

𝑁𝑅

(4.6)

This is a commonly used approach for using normal force and torque measurements obtained from
a rheometer to calculate COF [205-207]

Figure 4.2 - Schematic illustration of the test conditions for measuring hydrogel coefficient of friction against (a)
glass and (b) stainless steel

4.3.3 Water Contact Angle
Hydrophilicity was characterized with a ramé–hart advanced goniometer (ramé–hart
instruments co., Succasunna, NJ). Water contact angle was measured via the sessile drop method
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where a high-resolution image of an ultrapure water droplet (EMD Millipore, Billercia, MA) was
analyzed via the ramé-hart’s DROPimage AdvancedTM software version 2.4.07.

4.3.4 Surface Roughness (Rq)
Surface topography was measured with a P-17 stylus profiler (KLA-Tencor Corp.,
Milpitas, CA). The surface profile obtained through this approach was used to compute the RMS
roughness using equation 4.3.
Rq 



1 n
  zi  z
n i 1



2

(4.3)

Where zi is the individual height measurements over the length of the sample space, n represents
the number of height measurements taken, and z

is the mean value of the individual height

measurements. [1]

4.3.5 Surface Microstructure
A JEOL JSM-5600 Scanning Electron Microscope (SEM) was used to study the
microstructural morphology and degree of polymer brush functionalization. Samples were frozen
for at least 12 h in a -80 oC freezer and then lyophilized with a Labconco Benchtop Freeze Dryer
(Labconco Corp, Kansas City, MO). Following lyophilization, all samples were sputter coated
with gold for 45 s prior to imaging with SEM. Both surface and cross section were imaged with
an acceleration voltage of 8 kV.

4.3.6 Mechanical Characterization
Mechanical characterization was performed within the context of Hertz contact theory with
an AR-G2 rheometer (TA Instruments Inc., New Castle, DE). Hydrogels were confined in a bath
containing 18 oC DI water and were indented with a 6.35 mm diameter indenter at 10 μm/s (Figure
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4.3). A nonlinear least squares optimization function was used to fit the contact model to the
experimental data using equation 4.4.
4

𝐹𝑁 = 3 𝐸𝑐 𝑅 0.5 𝛿 1.5

(4.4)

Figure 4.3 - Schematic illustration of the test conditions for contact modulus, E c and (b) a representative
experiment curve fit

4.3.7 Bulk Physical Characterization
Brush functionalization required fabrication of a neat PVA hydrogel followed by
dehydration, brush functionalization, and rehydration. The effects of this processing method on
the bulk microstructure was characterized via differential scanning calorimetry (Q200 TA
Instruments, New Castle, DE). Specimens obtained from the center of the PVA hydrogel were
hermetically sealed inside stainless-steel pans and heated at 10 oC/min under flowing nitrogen
atmosphere from 40 to 250 oC. Hydrogel degree of crystallinity was calculated via the ratio of the
heat of fusion, ∆H, of the hydrogel (normalized for the solid mass) and the reported enthalpy of
melting for 100% crystalline PVA ∆Hc. [187-189]
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WAXS experiments were conducted to investigate the effects of the dehydration
rehydration process on the crystalline microstructure of the neat material. For this purpose, a
Rigaku S-MAX3000 pinhole camera system was utilized, with a Micromax-007HF rotating anode
source operating with Cu Kα emission (λ = 1.5406), voltage of 40 kV and current of 20 mA. Wideangle scattering patterns were collected at a sample-detector distance of 117 mm, as calibrated
using corundum (NIST SRM 676a) with Fujifilm image plates (CR HR-V) and a Raxia-Di Image
Plate reader at a scan resolution of 100 μm. Samples were prepared for WAXS by slicing the 12
mm diameter disks into ~1 mm thick films followed by containment within a capsule prepared
from Kapton® tape. 1D WAXS patterns were plotted as intensity versus the detector angle (2θ).
Hydrogel equilibrium water content (EWC) was determined via a previously described
method. [179] To summarize, EWC was computed by calculating the percent difference between
the masses of the fully hydrated and dehydrated materials.

4.3.8 Cell Viability
Cytotoxicity towards L929 mouse fibroblasts (American Type Culture Collection,
Manassas, VA) was characterized in accordance with ISO 10993-5 and ISO 10993-12 via a
previously described method. [179] Briefly, hydrogels prepared as described earlier were cut into
pieces approximately 1-2 mm3 and sterilized by exposure to ultraviolet light (UV) for 2 h. For
extraction, sterile samples were placed in vials with an appropriate amount of media based on the
dry mass, sealed and placed on a shaker at 37 °C, 60 rpm for 48 h.
Cells were grown in DMEM-F12 (Invitrogen, Carlsbad, CA) supplemented with 10% Fetal
Bovine Serum (Atlanta Biologicals, Norcross, GA) and 11% glutamine-penicillin-streptomycin
(Invitrogen, Carlsbad, CA) using standard cell culture procedures. L929 mouse fibroblasts were
seeded at 25,000 cells/cm2 in a 96-well plate. The cells were allowed to attach and spread on the
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plate for 24h at which point media was removed and replaced with extracts or controls as prepared
above. As a negative control, 0.1% sodium dodecyl sulphate (SDS) [157], was made in control
media. Following a 24 h incubation, extracts and control media were removed, and replaced with
1/10 volume of CCK-8 solution (Cell Counting Kit-8, Dojindo Molecular Technologies, Inc.,
Rockville, MD) which is metabolized by viable cells, turning the media an orange color. This
solution was incubated with the cells for 4 h, followed by absorbance reading on a plate reader at
450 nm.

4.3.9 Statistical Analysis
All statistical analyses were conducted with Minitab 17 (Minitab Inc., State College, PA).
One way ANOVA with a significance level α = 0.05 was performed for all hypothesis testing.

4.4 Results

4.4.1 Surface Composition
Fourier transform infrared spectroscopy with attenuated total reflectance FTIR-ATR was
performed after initiator and brush functionalization to verify that the desired surface chemistry
had been achieved. Representative IR spectra are illustrated in Figure 4.4. Successful ATRP
initiator surface functionalization was verified based on the distinct peak spanning 1735 – 1750
cm-1 characteristic of carbonyl (C=O) stretching. Following PMEDSAH brush functionalization a
distinct peak spanning 1030 – 1060 cm-1 characteristic of the sulfoxide group of the zwitterionic
polymer PMEDSAH. Following PMPC brush functionalization distinct peaks at 1100 cm-1 and
970 cm-1 which are characteristic of molecular scale vibrations associated with the P=O and P-OC containing functional groups of PMPC [156]. A trending decrease in the magnitude of the
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absorbance peaks indicative of brush functionalization was observed when catalyst concentration
was decreased from 0.01 – 0.04 M.

Figure 4.4 - Representative FTIR-ATR spectra displaying the effects of catalyst content on hydrogel surface
chemistry for both the PMEDSAH (left) and PMPC (right) functionalization reactions

4.4.2 Coefficient of Friction
Measurement of hydrogel COF against glass lubricated by DI water and aqueous NaCl
revealed that brush functionalization results in significant changes in hydrogel COF (Figure 4.5).
Both PMEDSAH-PVA and neat PVA displayed statistically significant, reversible, ionic
responsive coefficient of friction behavior. Results reveal as much as a 35% reduction in average
COF when articulating surfaces were lubricated by aqueous NaCl rather than DI water. Solvent
salinity does not appear to have a significant effect on COF of the initiator functionalized material
(BB PVA) or PMPC brush functionalized PVA (PMPC PVA). PMEDSAH-PVA lubricated by DI
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water displayed the highest average COF, 0.35 ± 0.06 while PMPC PVA lubricated by DI water
displayed the lowest average COF, 0.07 ± 0.02.

Figure 4.5 - Coefficient of friction (COF) behavior of neat PVA compared to initiator and zwitterionic polymer
brush functionalized hydrogels tested against glass in both DI water and 0.2 M aqueous sodium chloride

Measurement of hydrogel COF against stainless lubricated by DI water and aqueous NaCl
revealed that brush functionalization results in a significant change in hydrogel COF, but ionic
responsive COF was not observed (Figure 4.6). Neat PVA lubricated by DI water displayed the
highest COF, 0.36 ± 0.09 and both PMPC and PMEDSAH brush functionalized hydrogels
displayed a statistically significant reduction in average coefficient of friction compared to the neat
material. PMPC PVA lubricated by DI water displayed the lowest average COF, 0.08 ± 0.05.
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Figure 4.6 - Coefficient of friction (COF) behavior of neat PVA compared to initiator and zwitterionic polymer
brush functionalized hydrogels tested against stainless steel in both DI water and 0.2 M aqueous NaCl

4.4.3 Physical Surface Characterization
Water contact angle experiments revealed that initiator functionalization results in a
statistically significant increase in water contact angle following initiator functionalization (Figure
4.7). This significant increase in water contact angle is maintained after brush functionalization
with both PMEDSAH and PMPC.
Initiator and brush functionalization did not result in a significant increase in hydrogel
surface roughness but SEM imaging revealed distinct changes to the surface microstructure at
magnification as low as X200 (Figure 4.8).
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Figure 4.7 - Water contact angle of neat PVA compared to initiator and zwitterionic polymer brush functionalized
hydrogels

Figure 4.8 - Representative SEM images of the surface microstructure following initiator and brush
functionalization

4.4.4 Mechanical Characterization
Mechanical indentation via indentation experiments revealed that the brush functionalized
hydrogels maintained comparable mechanical properties to the neat material (Figure 4.9). The
brush functionalized hydrogels display an increase in strain rate dependence on contact modulus,
however the degree of stain rate dependence is still significantly lower that what has been reported
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for articular cartilage [185]. Both brush functionalizing chemistries result in an increase. The
increase in contact modulus of PMPC brush functionalized hydrogels is statistically significant.
Brush functionalization required fabrication of a neat PVA hydrogel followed by dehydration,
brush functionalization, and rehydration. Indentation results revealed that this processing method
resulted in an increase in a significant increase in hydrogel contact modulus as shown in Table 4.4.

Figure 4.9 - Average contact modulus of (left) neat PVA-H compared to brush functionalized PVA-H and (right)
bovine articular cartilage [30]

4.4.5 Bulk Physical Characterization
Enthalpy of melting measurements performed via differential scanning calorimetry (DSC)
revealed that the dehydration-rehydration processing method did not result in a significant change
in hydrogel degree of crystallinity (Table 4.4). The processing method did result in a statistically
significant decrease in equilibrium water content (EWC). Following the initial solvent casting
process, hydrogels were found to have an EWC of 78.7 ± 2.0%. After the dehydration and
subsequent rehydration, hydrogels were found to have an EWC of 68.5 ± 1.7%. A 30% decrease
in average volume was also observed following the dehydration rehydration process.
SEM imaging revealed that the dehydration and subsequent rehydration of PVA hydrogels
resulted a qualitative increase in porosity homogeneity (Figure 4.10). In addition to being
98

qualitatively more homogeneous in size compared to the neat material, the pores present in the
rehydrated gels were generally significantly more densely packed than the neat material. Results
from the WAXS experiments (Figure 4.10) revealed that both neat and rehydrated hydrogels
display diffraction rings at 2θ = 19.4o which corresponding to a d-spacing of 4.59 Å. Low angle
peaks characteristic of the Kapton® window was also evident. The magnitude of the diffraction
peak characteristic of PVA’s monoclinic unit cell was more distinct following rehydration.

Figure 4.10 - SEM micrographs illustrating porosity of neat PVA-H compared to rehydrated PVA-H
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Figure 4.11 - Representative WAXS patterns for neat and rehydrated PVA-H

4.4.6 Cytotoxicity
Cytocompatibility was determined for the neat PVA, initiator, and brush functionalized
hydrogels after reaching an equilibrium swelling volume. L929 cells were incubated with media
extracts of each sample and exhibited high metabolic activity. In comparison to cells incubated
with DMEM-F12 media, all hydrogels exhibited high cytocompatibility with an average viability
above the 70% viability threshold. No statistically significant differences were observed among
the group with the one exception being the SDS negative control (Figure 12).
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Figure 4.12 - Viability of L929 cells in extracts generated from neat and surface modified hydrogels. Extract
containing 0.1% SDS was used as a negative control.

4.5 Discussion
Under boundary lubrication conditions, friction and wear behavior is dictated by molecular
scale interactions between the opposing articulating surfaces. Effective boundary lubricants reduce
COF and surface wear by hindering attractive interactions between articulating surfaces. Neat PVA
has a weak attractive interaction with glass under aqueous conditions due to electrostatic
interactions between the negatively charged glass substrate and the hydrogel’s hydroxyl groups.
[193] The significant reduction in neat PVA COF caused by the addition of salt ions is attributed
to electrostatic screening hindering association between the glass and the hydroxyl groups.
PMEDSAH brush functionalized PVA exhibits similar ionic responsive behavior indicating that
the zwitterionic polymer is associating with the glass substrate. The significant increase in COF of
PMEDSAH-PVA compared to neat PVA is likely due to larger electrostatic interactions between
the positively charged quaternary ammonium group (NR4+) of PMEDSAH brushes and the
negative glass counter face.
Unlike PMPC, chain conformation of sulfobetaines such as PMEDSAH has been shown to
be heavily influenced by the ionic strength of the solvent. [208-210] In low ionic strength aqueous
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solutions, these polymers assume a collapsed configuration due to a high degree of inter and intra
molecular interactions caused by the presence of opposite charges within a single repeat unit.
Immersion in high ionic strength solution results in electrostatic screening of self-association,
causing the polymer chains to assume an extended or stretched conformation. Self-association
prevents the zwitterionic polymer from attracting water molecule and is undesirable for achieving
effective boundary lubrication through hydration lubrication. [211] In contrast, the polymer chain
conformation of phosphorylcholine containing zwitterions such as PMPC has been shown to be
significantly less sensitive to by the ionic strength of the solvent. [208,210] The high affinity of
phosphorylcholine groups for water is understood to be responsible for the unique behavior of
PMPC brushes and is expected to keep the polymer from being attracted to the negatively charged
glass substrate. Results observed in the friction tests performed against glass support this
hypothesis as PMPC-PVA gels did not exhibit ionic responsive COF and displayed significantly
lower coefficient of friction against glass. We postulate that hydration of the PMPC molecules
likely resulted in net repulsion between the articulating surfaces. The structure of PMPC brushes
resemble that of the zwitterionic phosphatidycholine lipids present which are understood to play a
central role in excellent boundary lubrication properties of articular cartilage. [3] This is yet
another example of how biomimicry is a valuable design approach.
The lack of ionic responsiveness among samples tested against stainless steel indicates a
reduction in the degree of electrostatically driven association between the polymer chains and the
solid substrate. Under these test conditions both the PMEDSAH and PMPC brush functionalized
hydrogels displayed a statistically significant reduction in COF compared to the neat material. This
is an indication that the ionic responsive behavior observed when hydrogels were tested against
glass was likely due to PMEDSAH brush association with the negatively charged glass rather than
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inter or intra chain association. Without electrostatic attraction between the opposing substrates
the zwitterionic polymer can better attract water molecules resulting in a net repulsive interaction
and a low shear strength interface due to the formation of hydration shells around the charged
regions of the zwitterionic brushes. Overall the results observed in this investigation reveal that
PMPC is a more versatile and effective boundary lubricant than PMEDSAH. We hypothesize that
this is due to PMPC’s higher affinity for water making PMPC brushes less susceptible to
association with molecules other than water.
Indentation test results revealed that brush functionalization yielded an increase in
viscoelasticity and average contact modulus. Analysis of the compressive behavior of biphasic
materials predicted by Hertzian biphasic theory reveals that an increase in viscoelasticity is
accompanied by an increase in the degree of fluid pressurization that the material can support.
[184,185] This behavior can be caused by an increase in matrix tensile modulus or a decrease in
permeability. We hypothesize that the statistically significant increase in contact modulus and
viscoelasticity of PMPC-PVA compared to neat PVA is caused by the high affinity of water
molecules for the phosphorylcholine groups of the surface bound PMPC resulting in a decrease in
surface permeability. This behavior is expected to result in improved tribological performance due
to enhancement of interstitial fluid load support.
The dehydration rehydration process resulted in more than a 250% increase in contact
modulus. This statistically significant increase in stiffness was accompanied by a 10% decrease in
EWC and a 30% decrease in volume. DSC experiments were performed to determine if the change
in compressive stiffness and EWC were attributed to a change in the hydrogel’s degree of
crystallinity. Results revealed that the average degree of crystallinity for rehydrated PVA was 1%
higher than neat PVA samples. The magnitude of the diffraction peak characteristic of PVA’s
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monoclinic unit cell was more distinct following rehydration. This may be an indication of an
increase in the size of the crystalline regions. [212,213] Characterization of hydrogel surface
microstructure through SEM reveals a significant degree of microstructural remodeling following
dehydration and rehydration. We hypothesize that the solvent dehydration process results in the
formation of regions with increasing polymer richness and packing density of the polymer chains.
This increase in packing density facilitates hydrogel bonding leaving less polymer chains
susceptible to attracting water. As a result, we have a lower EWC and an increase in compressive
modulus.
While this investigation does provide valuable insight into the mechanics and tribology of
this novel tribologically enhanced material, there are some limitations. For use in biomedical
applications such as articular cartilage repair, it will be important to characterize the tribological
properties of these hydrogels under physiological scale loads and using physiologically relevant
lubricating fluids such as phosphate buffered saline (PBS). It would also be interesting to
investigate the thickness of the brush layer and identify possible correlations between coefficient
of friction and fluid load support and brush thickness. Brush thickness of surface modified
hydrogels could be estimated via the use of a chemical mask to yield patterned initiator and brush
functionalization followed atomic force microscopy as demonstrated by Wei et al. [211]

4.6 Conclusion
This investigation sought to investigate the effects of coupling the tribological benefits of
interstitial fluid load support with biomimetic boundary lubrication. This was achieved through
the fabrication of novel zwitterionic polymer brush functionalized PVA hydrogels. Results
indicate that brush functionalization has a significant effect on COF. In addition to resulting in as
much as an 78 % reduction in COF, brush functionalization resulted in a decrease in apparent
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permeability which is desirable for increasing interstitial fluid load support. The hydrogel
processing method was also found to have a significant influence on the mechanical and physical
properties of the material both of which are expected to result in significant enhancement to
tribological performance. Overall this cytocompatible approach provides a unique investigation of
the tribological properties of a novel biomimetic materials. It also provides a versatile method for
surface modification of soft biphasic materials contain hydroxyl groups.
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CHAPTER 5: MECHANICS AND TRIBOLOGY OF ELECTROSPUN LOW FRICTION
POLYURETHANE FIBERMATS
5.1 Introduction
Electrospinning is versatile method for manufacturing non-woven micro-nanofibrous
materials. This is achieved by using a high voltage electrostatic field and pressure driven fluid flow
to draw small diameter polymer threads from a conductive solution to a grounded or negatively
charged collector. With the correct balance between surface tension and applied voltage,
continuous fibers can be formed and collected in random or aligned configurations [214]. While
the conceptual framework has existed since the 1930’s, investigations involving this unique
material fabrication method have been increasing in popularity for many reasons [215]. First, it
has a wide range of applications ranging from tissue engineering and wound dressings, to fuel cells
and filtration devices [216-220]. Also, due to electrospinning’s unparalleled operational
simplicity, manufacturing can be scaled up relatively easily through the addition of multiple
spinnerets.

This characteristic also allows sets of insoluble materials to be electrospun

simultaneously to achieve homogeneous or functionally graded composites benefitting from the
unique properties of each of the materials it is composed of.
Zwitterionic polymers are a class of materials which are net neutral but possess positive
and negative charges in close proximity to one another. Because of their unique structure,
zwitterionic polymers are hygroscopic due to their electrostatic attraction to water. This strong
attraction is understood to explain why zwitterionic polymers are effective boundary lubricants
[4]. In addition to being superhydrophillic and providing low friction, zwitterionic molecules also
provide strong resistance to bacterial adhesion, protein adsorption, and cell attachment; traits
which are often desirable in the design of materials for biomedical applications [218,221]. While
zwitterionic polymers do possess some attractive characteristics, they inherently do not have good
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mechanical properties and are unstable under aqueous conditions gradually dissolving due to their
hydrophilicity even at high molecular weights [180].
Thermoplastic polyurethanes are characterized as synthetic, thermoplastic, elastomeric,
linear block copolymers consisting of hard and soft segments. This class of materials are attractive
for several areas within academic research and product development since they are susceptible to
a wide range of processing methods and their properties can be significantly altered by varying
monomer type, block ratio, or molecular weight of the macromolecule [181]. While thermoplastic
polyurethanes have suitable mechanical properties for diverse applications including footwear,
textiles, inflatables, and casings, their use for medical applications is often limited due to their
inability to prevent nonspecific protein adsorption. Protein absorption is undesirable for medical
implants as it is understood to initiate an inflammatory response from the body resulting in platelet
adhesion and thrombosis [222].
The investigations described in Chapters 2-3 demonstrated the effectiveness of zwitterionic
sulfobetaine, PMEDSAH, in reducing coefficient of friction of poly vinyl alcohol hydrogels
through the fabrication of solvent casted polymer blends [179]. Given PMEDSAH’s lubricious
properties in addition to its low fouling antimicrobial characteristics coupled with the mechanical
properties of a thermoplastic polyurethanes, we postulated that the resulting composite material
would be suitable for several medical applications including wound dressings, fibrous tissue repair,
and stent coatings. This chapter presents a novel and versatile method for the fabrication of low
friction elastomeric fibermats. In addition to measuring changes in coefficient of friction we
investigated the effects of PMEDSAH content on tensile properties as well as the long-term
stability of PMEDSAH within the fibrous matrix under aqueous conditions. Pellethane®, was the
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thermoplastic polyurethane of choice for this investigation however these methods could be
extended to other TPU’s given the appropriate electrospinning solvent.

5.2 Fibermat Manufacturing Method

5.2.1 Materials
N,N-dimethylformamide

(DMF),

tetrahydrofuran

(THF),

2,2′-azobis(2-

methylpropionamidine) dihydrochloride (AAPH), 2,2,2-trifluoroethanol (TFE), and [2(methacryloyloxy) ethyl] dimethyl-(3-sulfopropyl) ammonium hydroxide) (MEDSAH), were
obtained from Sigma-Aldrich (St. Louis, MO). Pellethane® 5863-80A was obtained from Lubrizol
(Wickliffe, OH). All chemicals were used as received.

5.2.2 PMEDSAH Synthesis
Synthesis of the zwitterionic polymer PMEDSAH was achieved via free radical
polymerization of MEDSAH initiated by AAPH under nitrogen in a DI water solution with a
monomer concentration of 0.25 M. Reactions were performed at monomer to initiator molar
concentration, [M0]/[I0], spanning 65 - 400. The reactions were performed at 65 oC for 6 h at which
point the polymer was harvested with a Busci Rotovapor® R-210 rotary evaporator (Buchi
Analytical Inc, New Castle, DE) at 60 oC for 1 h. The harvested polymer was subsequently ground
to a fine powder and dried at -30 in.Hg in an Isotemp Vacuum Oven (Fisher Scientific, Hampton,
NH) at room temperature for 24 h. Viscosity average molecular weight was determined via
intrinsic viscosity measurements and the previously reported Mark-Houwink parameters for
PMEDSAH (at 21 oC in 0.2 M NaCl) [180].
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5.2.3 Fibermat Fabrication
Pellethane® electrospinning solutions were prepared by dissolving 10 wt% polymer in
60:40 volume ratio tetrahydrofuran-dimethylformamide solution. PMEDSAH electrospinning
solutions were prepared by dissolving 10 wt% polymer in trifluoroethanol. Dissolution of both
polymers was achieved in screw cap glass vials sealed with Parafilm M (Bemis Company, Neenah,
WI) at room temperature assisted by a magnetic stir bar for at least 12 h. Following polymer
dissolution, electrospinning solutions were loaded into 20 mL Norm-Ject® plastic syringes
attached to a stainless-steel 21G BD PrecisionGlideTM hypodermic needle with a blunt tip (Becton
Dickinson, Franklin Lakes, NJ). Syringes were driven with KDS 100 syringe pumps (KD
Scientific Inc., Holliston, MA) at volumetric flow rates ranging from 1 – 3 mL/h. Both syringes
were positioned horizontally on either side of a rotating, translating grounded mandrel (Figure 1).
The distance between both syringe needles and the mandrel was 14 cm. PMEDSAH was
electrospun at 17 kV while Pellethane® was electrospun at 12 kV. All fibermats were fabricated
within a custom designed humidity controlled box at 40% relative humidity. Following
electrospinning, fibermats were dried at room temperature in a vacuum oven (Isotemp Vacuum
Oven, Fisher Scientific) for at least 24 h to remove any residual solvent.
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Figure 5.1 - Schematic illustration of the fibermat manufacturing method

5.3 Characterization Methods

5.3.1 Scanning Electron Microscopy
A JEOL JSM-5600 Scanning Electron Microscope (SEM) was used to characterize the
fiber morphology of fibermats with PMEDSAH content ranging from 0 – 100 wt%. Following
electrospinning and drying, square samples were cut from their parent fibermat using a razor blade.
Sputter coating with gold via a Desk II Sputter Coater (Denton Vacuum LLC, Moorestown, NJ)
was performed for 45 s. All samples were imaged at an acceleration voltage of 8 kV and a working
distance ranging from 20 – 30 mm.

5.3.2 Tribo-Rheometry
The effects of PMEDSAH content on fibermat coefficient of friction was characterized
with an AR-G2 rheometer (TA Instruments, New Castle, DE). Pairs of 7 x 7 mm fibermat squares
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were firmly affixed to an adapted tribo-rheometry accessory with double sided tape (Figure 5.2).
The opposing contacting surface was a glass petri dish containing deionized water. Fibermats were
subjected to an average contact pressure of 0.04 MPa and were rotated at an angular velocity of 1
rad/s. Given the measured normal force, 𝐹𝑁 , torque, 𝑇, and fibermat offset radius, 𝑅, coefficient
of friction was calculated using the following equation:
𝜇=𝐹

𝑇

𝑁 ∙𝑅

(5.1)

Figure 5.2 - Schematic illustration of the test configuration used to measure fibermat coefficient of friction against
glass with an AR-G2 rheometer

5.3.3 Tensile Testing
Tensile testing was performed on dog-bone shaped fibermats (ASTM Standard D636-03
Type IV, reduced in size four-fold) to determine the effects of PMEDSAH content on Young’s
modulus, ultimate stress, ultimate strain, and fracture toughness. All tests were performed with a
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model 100P Universal Testing Machine equipped with a Biobath chamber and 5.6 lbf load cell
was (TestResources, Inc, Shakopee, MN). Fully hydrated samples were immersed in DI water at
20 °C for the duration of the test. For each experiment, samples were preloaded to 0.1 N before
being stretched at 50 μm/s. Young’s modulus was calculated from the slope of the engineering
stress vs strain curve from 0-10% strain. Toughness was characterized by computing the area under
the engineering stress strain curve.

5.3.4 X-Ray Scattering

X-ray scattering experiments were performed to elucidate relations between polymer
microstructure and mechanical properties. Experiments were conducted with a Rigaku SMAX
3000 Pinhole SAXS instrument operating at 45 kV and 0.88 mA producing Cu Kα X-ray radiation
(λ = 1.5405 Å) at a sample to SAXS detector distance of 1550 mm. Wide-angle scattering patterns
were collected at a sample-detector distance of 117 mm, as calibrated using corundum (NIST SRM
676a) with Fujifilm image plates (CR HR-V) and a Raxia-Di Image Plate reader at a scan
resolution of 100 μm. Fibermats saturated in DI water were encapsulated in Kapton® tape prior to
being placed in the X-ray chamber under ambient pressure. Kapton® windows were used to isolate
the chamber from the evacuated source and detector tubes. 1D WAXS patterns were plotted as
intensity versus the detector angle (2θ).

5.3.5 Boundary Lubricant Retention
Fibermats were immersed in 0.2 M aqueous sodium chloride for up to 7 days to characterize
the long-term stability of PMEDSAH within the fibermat matrix. Vessels were stored in a 37 oC
C24 Benchtop Incubator Shaker (New Brunswick Scientific, Enfield, CT) rotating at 60 rpm. In
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addition to measuring changes in mass, the effects of boundary lubricant depletion on fibermat
coefficient of friction was also characterized using the tribo-rheometry setup described earlier.

5.3.6 Statistical Analysis
All statistical analyses were conducted with Minitab 17 (Minitab Inc., State College, PA).
One way ANOVA with a significance level α = 0.05 was performed for all hypothesis testing.

5.4. Results

5.4.1 Fibermat Microstructure
Characterization of fiber morphology was achieved with scanning electron microscopy
(Figure 5.3). The electrospinning conditions used for this investigation results in an isotropic
microstructure with randomly oriented fibers. Neat Pellethane fibermats maintained an average
fiber diameter of about 2 μm. Fibers were consistently smooth with no evidence of bead formation.
When left in ambient lab conditions, PMEDSAH fibermats gradually transitioned from a fibermat
to a brittle, transparent film. Composite fibermats with 180 kDa PMEDSAH did not exhibit any
film formation when sample were stored at ambient lab conditions. PMEDSAH fibers appear to
have an average fiber diameter of about 500 nm. Dual spinning with 50 kDa PMEDSAH resulted
in electrospraying rather than fiber production desired for electrospinning. PMEDSAH film is
evident throughout the matrix suspended by Pellethane fibers.
While wide angle x-ray scattering experiments did reveal a distinct diffraction peak at 2θ
angles spanning 10 – 20o with neat PMEDSAH, this peak was not apparent in the blends containing
50 wt% PMEDSAH (Figure 5.4). Low angle peaks characteristic of the Kapton® window were
also evident. Neither neat Pellethane, PMEDSAH, nor the 50:50 blend yielded small angle
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diffraction (Figure 5.5). Again, a low angle peak characteristic of the Kapton® window was
observed.

Figure 5.3 - Representative scanning electron micrographs of fibermats composed of (a) neat Pellethane (b) neat
PMEDSAH minutes after electrospinning (c) neat PMEDSAH after 24 h on lab bench (d) 50:50 Pellethane
PMEDSAH blend (e) 75:25 Pellethane PMEDSAH blend (f) Blend containing 75% 50 kDa PMEDSAH
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Figure 5.4 - Representative 1D WAXS patterns of hydrated fibermats containing 0 and 50 wt% PMEDSAH
compared to neat PMEDSAH

Figure 5.5 - Representative 2D WAXS (top) and SAXS (bottom) patterns of hydrated fibermats containing 0 and 50
wt% PMEDSAH compared to neat PMEDSAH
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5.4.2 Tensile Properties
Fibermat tensile properties were characterized with dogbone specimens immersed in DI
water at approximately 20 oC (Figure 5.6). Increasing PMEDSAH content resulted in a trending
decrease in Young’s Modulus. PMEDSAH content ≥ 50 wt% resulted in a significant decrease in
Young’s Modulus. PMEDSAH content did not have a significant effect on ultimate stress when
PMEDSAH content was less than 75 wt%. Also, PMEDSAH did not yield a significant effect on
strain to failure however the highest average ultimate strain was observed in fibermats containing
50 wt% PMEDSAH. A significant change in toughness was not observed in any of the blends
compared to neat Pellethane however fibermats containing 50 wt% PMEDSAH displayed the
highest average toughness. Representative stress strain plots for each sample type are presented in
Figure 5.7. The mean and standard deviation for each test parameter are provided in Table 5.1.
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Figure 5.6 - Effect of PMEDSAH content on (a) Young’s modulus, (b) ultimate stress, (c) ultimate strain, and (d)
toughness. Means that do not share a letter are significantly different

Figure 5.7 - Representative stress-strain plots of composite fibermats with PMEDSAH content ranging from 0 -75
wt% tested in 20 oC DI water
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Table 5.1 – Tensile properties of composite fibermats with PMEDSAH content ranging from 0 – 75 wt% tested in
20 oC DI water

5.4.3 Coefficient of Friction
Coefficient of friction between fibermats and glass with DI water as the lubricating fluid
was characterized with a rheometer. Results revealed that PMEDSAH resulted in a significant
reduction in coefficient of friction with as little as 25 wt% PMEDSAH. Blends containing 50%
PMEDSAH displayed the highest reduction in average coefficient of friction yielding a 70%
reduction (Table 5.2). With fibermats containing PMEDSAH, a steady decrease in coefficient of
friction is observed during the first 10-15 seconds of the test before reaching equilibrium, neat
Pellethane fibermats typically took 3-4 minutes to reach an apparent asymptote (Figure 5.8).
In addition to manufacturing composite fibermats with homogeneous blending through the
thickness, functionally graded fibermats were also prepare with a neat Pellethane base followed
by simultaneous spinning of PMEDSAH and Pellethane and finally a neat PMEDSAH layer. Both
the PMEDSAH and Pellethane sides of the functionally graded fibermat displayed significantly
lower coefficient of friction than neat Pellethane fibermats (Figure 5.9). The Pellethane side of the
gradient fibermat displayed to lowest average coefficient of friction which was more than 80%
lower than that of the neat material (Table 5.3).
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Figure 5.8 - (a) Effect of PMEDSAH on average coefficient of friction. (b) Representative COF vs time curves.

Table 5.2 – Average coefficient of friction of composite fibermats with PMEDSAH content ranging from 0 – 75
wt% tested against glass in 20 oC DI water

Figure 5.9 - (a) Average coefficient of friction of functionally graded fibermats compared to neat Pellethane and the
50 wt% PMEDSAH blend. (b) Representative COF vs time curves.
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Table 5.3 – Average coefficient of friction of functionally graded composite fibermats compared to neat Pellethane
and the 50 wt% PMEDSAH blends

5.4.4 Boundary Lubricant Retention
Fibermats were immersed in DI water and stored in a 37 oC shaker table for up to 7 days
to characterize how well PMEDSAH was retained within the matrix. Unlike the neat Pellethane
fibermats, the composite materials displayed a significant decrease in mass after as little as 24
hours (Figure 5.10). No significant decrease in mass was observed after 24 h regardless of initial
PMEDSAH content. While a trending increase in mass loss was observed with increasing
PMEDSAH content, initial PMEDSAH content did not have a significant effect on the relative
amount of boundary that was retained in the fibermat. Instead blends retained an average of 45%
of the initial boundary lubricant content (Table 5.4).
All blends maintained an average coefficient of friction that was significantly lower than
that of neat Pellethane even after being immersed in DI water stored in a 37 oC shaker table for 7
days. The fibermat containing 75 wt% PMEDSAH displayed the lowest average coefficient of
friction after 7 days however no significant difference in average coefficient of friction among the
blends was observed (Table 5.5).
Scanning electron microscopy revealed no apparent change in fiber morphology of neat
Pellethane fibermats after being immersed in DI water for as long as 7 days (Figure 5.11). In
fibermats containing 180 kDa PMEDSAH film formation was observed after as little as 24 h.
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PMEDSAH was still visible on the surface of the fibermat after as long as 7 days. In fibermats
containing 50 kDa PMEDSAH, the boundary lubricant is present in the form of a film rather than
fibers. PMEDSAH appears to be completely depleted from the surface of the gel after as little as
24 h.

Figure 5.10 - (a) Boundary lubricant depletion of composite fibermats with PMEDSAH content ranging from 0-75
wt% immersed in 0.2 M aqueous NaCl stored on a shaker table at 37 oC. (b) Average COF of composite fibermats
after immersion in incubator for up to 7 days.

Table 5.4 - Normalized mass of composite fibermats with PMEDSAH content ranging from 0 -75 wt% immersed in
0.2 M aqueous NaCl stored on a shaker table at 37 oC for up to 7 days
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Table 5.5 - Average coefficient of friction of composite fibermats with PMEDSAH content ranging from 0 -75 wt%
immersed in 0.2 M aqueous NaCl stored on a shaker table at 37 oC for up to 7 days

Figure 5.11 - SEM images displaying changes in fibermat morphology after being immersed in 0.2 M aqueous NaCl
stored on a shaker table at 37 oC for up to 7 days

5.5 Discussion
It is well understood that the morphology of micro-nanometer scale fibers produced via
electrospinning depends of a number of factors including applied voltage, solvent conductivity,
viscosity, collector distance, etc. [223]. In this investigation PMEDSAH was electrospun at two
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different molecular weights, 50 kDa and 180 kDa. The former resulted in immediate film
formation while the later produced fibers despite having the same solution concentration. This
result is attributed to a significant decrease in chain entanglement resulting in a decrease in solution
viscosity [224]. Without a proper balance between viscosity and surface tension smooth fibers
cannot be maintained and instead beads of droplets are produced [225]. Due to the hygroscopic
nature of the zwitterionic polymer, neat PMEDSAH fibermats gradually turned into brittle films
as moisture absorbed from the atmosphere dissolved the fibers. On the other hand, PMEDSAH
fibers electrospun simultaneously with Pellethane did not form films under ambient lab conditions.
This behavior is attributed to the hydrophobicity of the Pellethane fibers.
As noted in the introduction section, one useful functionality of zwitterionic polymers is
their strong resistance to bacterial adhesion, protein adsorption, and cell attachment as
demonstrated by Lalani and Liu [218]. On their own, electrospun PMEDSAH fibermats do not
have suitable mechanical properties for use as a wound dressing however, blending the polymer
with a TPU such as Pellethane produced a material which retained comparable elasticity to that of
the neat elastomer. Electrospun membranes impart several other useful functionalities for use as
wound dressings including good conformability, high surface area, and gas permeability[226,227].
The hygroscopic nature of PMEDSAH is also ideal for maintaining a moist wound environment
which has been shown to accelerate epithelialization [228].
Although Pellethane fibermats displayed the highest average Young’s modulus, blends
containing 50 wt% PMEDSAH displayed the highest average ultimate stress, strain, and
toughness. We postulated that this behavior may be due to interchain association between
boundary lubricant molecules as this behavior is well documented in literature concerning
PMEDSAH [202,208]. Changes associated with fibermat microstructure were characterized via x-
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ray scattering however results did not reveal any new diffraction patterns in the blends indicative
of changes in short or long-range order as a result of association between the zwitterionic side
groups. Characterization of neat PMEDSAH did reveal a broad diffraction ring spanning 10 – 20o.
This behavior may be evidence of interchain association between PMEDSAH molecules resulting
in an increase in toughness.
Zwitterionic polymers are understood to be effective boundary lubricants due to their
unique net neutral but locally charged structure. These characteristics cause zwitterionic molecules
to electrostatically attract water, a polar molecule and excellent boundary lubricant, resulting in a
mechanism known as hydration lubrication [4,229]. Tensile testing revealed that PMEDSAH
resulted in a trending decrease in Young’s modulus with increasing boundary lubricant content
therefore in addition to investigating whether or no dual electrospinning was an effective method
for producing low friction TPU’s, the effect of PMEDSAH content on coefficient of friction was
also characterized. Results revealed that increasing PMEDSAH content from 25 – 75 wt% did not
result in a significant change in coefficient of friction. In fact, fibermats containing 50 wt%
PMEDSAH displayed the lowest average coefficient of friction among the homogeneous
composite blends.
In addition to forming composite fibermats with homogeneous polymer composition
through the thickness, electrospinning is a suitable method for fabricating functionally graded
materials. We hypothesized that this approach would result in an elastomer with high coefficient
of friction on the Pellethane rich side, and low coefficient of friction on the PMEDSAH rich side.
Instead we observed that the Pellethane rich side displayed the lowest average coefficient of
friction than any of the other sample types. PMEDSAH is soluble in water therefore we
hypothesize that Pellethane plays a role in retaining the boundary lubricant on the surface. Due to
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the hydrophilicity and permeability of the fibermat, the boundary lubricant is likely diffusing from
the PMEDSAH rich side to the Pellethane rich side. The gradual decrease in COF of observed in
the COF vs time behavior of the Pellethane side of the gradient fibermat supports this hypothesis
as COF steadily decreases from 0.15 before reaching an asymptote at 0.04. This behavior could be
mitigated by preparing a thicker Pellethane rich region. Another possible explanation is that
increasing PMEDSAH content past a certain level results in an increase in the viscosity of the fluid
boundary layer at the interface between the articulating surfaces.
One of the primary limitations of the material used for this investigation is that the
boundary lubricant is soluble in water and is gradually depleted while the fibermat is immersed in
aqueous conditions. Regardless of initial boundary lubricant content, composite fibermats retained
about 45% of their initial boundary lubricant content. Fresh solvent was substituted to maintain
perfect sink conditions and promote Fickian diffusion however result indicate that after about 24
hours, passive diffusion of PMEDSAH out of the fibermat ceases. Fibermat thickness may be a
limiting factor. Another limitation is the solvent used for the degradation study. Phosphate buffered
saline or PBS would provide more physiologically relevant osmotic pressure resulting in more
accurate representation of how the material would behave in vivo.
While passive boundary lubricant depletion may be undesirable for use of zwitterionic
composite fibermats intended for use as a permanent implant, these properties may be idea for
wound dressing applications where a reservoir of antimicrobial would be available to replenish the
wound site. PMEDSAH depletion could be mitigated via co-polymerization with a hydrophobic
polymer. The low fouling properties of PMEDSAH may also be useful for stent coatings where
the base material which provide mechanical properties suitable for the stent coating suffers from
poor resistance to fouling and poor hemocompatibility. Antimicrobial properties of the composite
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fibermat could be improved further through impregnation with silver ions, a well-known
antimicrobial agent as demonstrated by Lanani and Liu [218]. Composite fibermats are expected
to be susceptible to efficient Ag ion impregnation through ionic attraction between Ag+ and the
anionic SO3- groups of PMEDSAH.
As noted earlier, composite materials similar to the one discussed in this investigation also
show great potential for use as a synthetic ligament or tendon. Previous investigations have
revealed the importance of boundary lubrication on the performance of ligaments and tendons
which are subjected to a high degree of shear during normal operation. Examples include the
Achilles tendon, rotator cuff tendons, as well as ligaments in the ankle and wrist. This is evidenced
by the presence of lubricin a well-known boundary lubricant both on the surface and between the
collagen fiber bundle which make up the tissue [230,231]. Reported values reveal that the
mechanical properties of the fibrous tissue these composite fibermats seek to mimic have Young’s
moduli ranging from 100 – 800 MPa [232-234]. Although Pellethane clearly falls short of the
mechanical performance of the natural tissue, the versatility of the fabrication method described
herein allows for substitution of alternative TPU’s such as polycaprolactone (PCL). Mechanical
properties could be enhanced further by attaining fiber alignment. This can be achieved by
increasing the rotational speed of the electrospinning collector or introducing an auxiliary electric
field [235,236]. The resulting anisotropic fibrous microstructure more closely resembles that of
natural tissue and has also been shown to influence ECM production of human fibroblasts and
differentiation of stem cells [237-239]. Young’s modulus and ultimate tensile strength could also
be enhanced through the addition of polylactic acid (PLA) fibers [240].
While zwitterionic polymers such as PMEDSAH do inhibit nonspecific protein adsorption
and cell attachment due to their high hydration, previous investigations have demonstrated that
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cell attachment and proliferation can be achieved through the introduction of growth factors and
peptides such as Arginylglycylaspartic acid (RGD) [241,242]. Based on these findings we
postulate that a composite fibermat consisting of PMEDSAH, PCL, PLA, and the appropriate
adhesion proteins and growth factor would result in a material suitable for repair and regeneration
of ligaments and tendons.

5.6 Conclusion
This chapter describes the design and characterization of a composite fibermat consisting
of the zwitterionic polymer PMEDSAH and thermoplastic polyurethane Pellethane. Fibermats
were prepared via dual electrospinning. Results revealed that this approach results in a significant
reduction in coefficient of friction while maintaining comparable mechanical properties to the neat
fibermat. Results also reveal that the zwitterionic polymer can enhance fibermat toughness and
ultimate strain. While the investigation does have limitations, it presents a versatile platform for
the design of composite biomaterials for many biomedical applications including wound dressings,
cardiovascular stent coatings, and ligament/tendon repair.

127

CHAPTER 6: CONCLUSIONS AND FUTURE DIRECTIONS
6.1 Summary and Conclusions
From fish fins driving wind turbine design, to lotus leaves motivating the development of
self-cleaning surfaces, there are countless examples of technological advances which have drawn
inspiration from nature. This dissertation provides yet another illustration of the utility of
biomimicry for innovation in engineering. Drawing inspiration from recent insights into the
tribological mechanisms employed by articular cartilage, this dissertation presents and examines
three novel approaches for the design of tribologically enhanced polymeric materials.
Chapter 2 described the synthesis and characterization of a novel tribologically enhanced
hydrogel systems. This was achieved through the synthesis of the biomimetic boundary lubricant,
PMEDSAH, which was blended with PVA to form a low friction hydrogel blend. The presence of
the boundary lubricant on the surface of the gel was confirmed through ATR-FTIR. The reduction
in coefficient of friction was attributed to hydration lubrication, a relatively new paradigm
proposed by Jacob Klein. Hydration lubrication was recently identified as the underlying
mechanism behind the phenomenal tribological properties exhibited by articular cartilage. In
addition to providing a significant reduction in coefficient of friction, this fabrication method
resulted in comparable mechanical and physical properties to the neat material. The zwitterionic
blend was also found to be cytocompatible towards L929 fibroblast cells despite the toxic initiator
and solvents that were used for boundary lubricant synthesis. In summary, this chapter provided a
versatile method for the fabrication of low friction hydrogels with potential for use for a wide
range of medical applications including guide wire coatings, contact lenses as well as meniscus
and articular cartilage repair.
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The coefficient of friction vs time behavior described in Chapter 2, as well as the solubility
of the zwitterionic boundary lubricant in aqueous solvents motivated the hypothesis that the
zwitterionic blends may support a self-replenishing lubrication system. It is also well understood
that the behavior of polymers depends heavily on their molecular weight. Chapter 3 provided a
detailed investigation into the effects of boundary lubricant molecular weight on the mechanics,
tribology, and diffusive properties of the hydrogel blends. The reported results support hypotheses
regarding the effect of boundary lubricant molecular weight on diffusive kinetics, interstitial fluid
load support, and coefficient of friction.
Results from the diffusion experiments revealed that the boundary lubricant is mobile
within the hydrogel matrix however boundary lubricant molecular weight influences diffusivity.
This in attributed to the increase in hydrodynamic radius associated with increasing molecular
weight. The investigation also revealed that PMEDSAH is susceptible to pressure driven elution
when the boundary lubricant molecular weight is below 180 kDa. This is a necessary characteristic
for a self-replenishing lubrication system, providing storage of lubricant within the bulk of the
material which can be eluted to the surface; very much like the boosted lubrication mechanism of
articular cartilage proposed by McCutchen.
As noted in Chapter 1, interstitial fluid load support is understood to play a central role in
the tribological performance of articular cartilage. By implementing Hertzian biphasic theory, an
analytical model recently developed by Moore and Burris, the effects of boundary lubricant
molecular weight on fluid load support was characterized through a series of indentation tests.
Results from these experiments revealed that in addition to acting as a boundary lubricant,
PMEDSAH increases the hydrogels capacity to provide interstitial fluid load support. This
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behavior may be due to electrostatic attraction of PMEDSAH towards water molecules or
structural remodeling of the hydrogel matrix resulting in a decrease in porosity and permeability.
No evidence of distinct changes to hydrogel porosity was evident through SEM imaging,
however it is possible that these morphological changes may have occurred at length scales above
the resolution of the JEOL microscope. The increase in crystallinity observed in PVA-PMEDSAH
blends supports the notion that the boundary lubricant results in a decrease in molecular scale
permeability. Previous investigations have revealed that an increase in fluid load support is a
valuable trait for tribologically enhanced materials as it is expected to result in improved resistance
to surface wear.
The investigation described in Chapter 3 also sought to address the hypothesis that the
reduction in coefficient of friction reported in Chapter 2 was attributed to hydration lubrication
and not a change in bulk mechanics such as interstitial fluid load support. PVA is understood to
have an attractive interaction with glass. If hydration lubrication was promoted by PMEDSAH it
was hypothesized that the COF vs sliding speed behavior of the blends would resemble that of a
repulsive interaction rather than an attractive one. Results from these experiments supported the
hypothesis that hydration lubrication causes the observed reduction in coefficient of friction. This
is a valuable characteristic for the development of materials for articular cartilage repair. While it
is important to implant a material that can withstand the rigorous loading experience by articulating
joints such as the knee, it is essential to ensure that wear of the opposing cartilage surface does not
occur. Adhesive wear is one of the primary modes of surface wear and may be mitigated through
hydration lubrication.
Given the significant reduction in coefficient of friction observed when PMEDSAH was
blended with PVA to form a zwitterionic hydrogel blend, it was postulated that grafting a
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zwitterionic polymer to the surface of a hydrogel would result in enhanced tribological
performance. While the behavior of zwitterionic polymer brushes has been a subject of interest in
the literature over the past decade, to the best of our knowledge no report has presented the
synthesis or tribological characterization of hydrogels bearing zwitterionic polymer brushes.
Chapter 4 presents the synthesis and characterization of novel brush functionalized hydrogels
bearing PMEDSAH brushes and PMPC brushes. Successful surface modification was verified
through ATR-FTIR.
The effect of solvent and the articulating substrate on coefficient of friction was consistent
with what was postulated given the known tribological behavior of PMEDSAH and PMPC
brushes. The findings support the hypothesis that PMPC is a more versatile and effective boundary
lubricant due to its high attraction to water compared to PMEDSAH. As a result, PMPC brushes
are less susceptible to interchain association which inhibits the polymer’s ability to attract water
molecules and promote hydration lubrication. It is interesting to note that the zwitterionic entities
more closely mimic those found in natural tribological systems such as synovial joints, providing
yet another example of the value of biomimicry.
Hydrogel surface characterization via scanning electron microscopy and water contact
angle experiments revealed that brush functionalization may be optimized further to achieve more
surface coverage. Given the hydrophilicity of PMEDSAH and PMPC it was postulated that surface
modified hydrogels would display a water contact angle as low or lower than that of the neat
material. Instead water contact angle experiments reveled that brush functionalized hydrogels
displayed a significant increase in water contact angle. A significant increase in water contact angle
was observed following initiator functionalization suggesting that the presence of unreacted
initiator on the surface of the hydrogel may be contributing to the hydrophobic behavior observed
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in the brush modified gels. Characterization of hydrogel surface morphology revealed additional
evidence of brush formation with distinct micron scale surface features which were not observed
on the surface of the neat or initiator functionalized hydrogels. These images also revel areas where
brush functionalization may not have occurred.
Chapter 4 also examined the effects of brush functionalization on the compressive
properties of the hydrogel and its ability to provide interstitial fluid load support. Results revealed
that brush functionalization resulted in an increase in the hydrogels ability to promote interstitial
fluid load support as evidenced by the increase in strain rate dependence on contact modulus. This
behavior supports the hypothesis proposed in Chapter 3 that the zwitterionic boundary lubricant
may be influencing hydrogel permeability due electrostatic interaction between the polar
functional groups of the zwitterionic polymer and water. PMPC is understood to have a higher
affinity for water than PMEDSAH therefore it was postulated that if permeability was influenced
by the boundary lubricant’s affinity for water, then PMPC brush functionalized hydrogels would
display a higher average contact modulus than PMEDSAH brush functionalized hydrogels.
Indentation test results observed and reported in Chapter 4 support this hypothesis. Although the
compressive properties of the brush functionalized hydrogels are within the reported range for
natural articular cartilage, their stain rate dependence is significantly lower indicating that the
ability to provide interstitial fluid load support is still inferior to that of the natural tissue.
Hydrogel surface modification through atom transfer radical polymerization required the
hydrogels to be completely dehydrated during the reaction. The process of dehydrating and
rehydrating the material resulted in a dramatic increase in contact modulus accompanied by a
relatively small decrease in equilibrium water content and no change in bulk crystallinity.
Characterization of porosity via SEM reveled a distinct change in porosity indicating that
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macroscale remodeling occurred during the dehydration process. This process is likely due to
plastic deformation of the polymer matrix resulting in a change in permeability and compressive
modulus. While this was an unanticipated result, is provides an additional method for enhancing
the tribological and load bearing characteristics of freeze-thaw PVA hydrogels. The compressive
stiffness of freeze thaw PVA hydrogels can be enhanced by increasing the molecular weight of the
polymer, the concentration in solution, or the number of freeze thaw cycles. While each of these
approaches have an additive effect on increasing hydrogel stiffness, they each have their limits.
Increasing polymer molecular weight and or concentration does result in stiffer gels, however
increasing these parameters past a critical point results in inhibits gel formation and ease of
processing. Increasing freeze thaw cycles has also been shown to increase compressive stiffness
and bulk crystallinity however the relative increase in these properties decreases with each
successive freeze thaw cycle. Therefore, dehydration and rehydration provides an additional
method for enhancing the tribological and load bearing properties of PVA hydrogels.
Many of the proposed applications for the material presented in Chapter 4 involve contact
with cells or tissue. Given the toxic solvents and catalysts that were used to perform the surface
modification cytotoxicity experiments were performed to as a preliminary measure to access the
feasibility of the use of these materials for medical applications. Results from these experiments
revealed that the surface modified hydrogels maintain the cytocompatibility of the neat material
and support additional investigations into the use of this material for biomedical applications.
In addition to articular cartilage the hydration lubrication paradigm is understood to be
applicable to many other tribological systems found in nature. One such system is that of fibrous
tissue such as ligaments and tendons. Chapter 5 sought to investigate the effects of hydration
lubrication on thermoplastic polyurethanes through the development of novel low friction
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composite polyurethane fibermats. This was achieved through electrospinning. Results revealed
that a significant reduction in coefficient of friction comparable to the reduction observed in the
PVA hydrogels could be achieved while maintaining comparable mechanical properties to that of
the neat fibermat. This approach also allowed for more precise control over the distribution and
concentration of boundary lubricant on the surface of the material allowing for the fabrication and
characterization of functionally graded fibermats. Results from this investigation provided
additional insight into the mobility of solubilized PMEDSAH within a solid matrix and provides
insight into a novel approach for the fabrication of low friction polymeric materials suitable for
several medical applications which the hydrogel platform described previously would not be
suitable. In addition to providing low friction Chapter 5 also highlight additional functionalities
imparted by zwitterionic polymers due to their superhydrophilicity supporting the use of the
fabrication method described for the design of wound dressings and cardiovascular stent coatings.
Overall this dissertation presents three novel approaches for the fabrication of
tribologically enhanced materials for medical application. In addition to detailing the methods
developed to prepare these materials, experiments coupled with previously developed analytical,
empirical, and conceptual models were used to provide valuable insight into the physical and
mechanical characteristics of these unique materials.

6.2 Future Directions
Like most research investigations, this body of work has some limitations. It does however
provide an excellent foundation for several new experimental and analytical investigations. Pursuit
of these investigations will provide novel insights which is expected to further development of
innovative polymeric based medical device solutions and biomimetic technology. The remainder
of this chapter provides detailed recommendations for future investigations.
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6.2.1 Synthesis and Characterization of PMPC PVA Blends
Results reported in Chapter 4 as well as previous investigations involving the behavior of
zwitterionic polymer brushes indicate that PMPC brushes are less susceptible to interchain
association than PMEDSAH due to their strong attraction to water. The increase in average contact
modulus compared to PMEDSAH brush functionalized hydrogels supports the hypothesis that
electrostatic attraction may decrease water permeability and increase the hydrogel’s ability to
provide interstitial fluid load support. PMPC also more closely resembles the chemical structure
of the boundary lubricants found in natural tribological systems such as articular cartilage. These
insights motivate the synthesis and characterization of PMPC PVA blends.
The similarity in the chemical structure between the monomer MPC and MEDSAH,
namely their methacrylate functional group, allow PMPC to be synthesized via free radical
polymerization using a similar method as what was described in Chapters 3. Improved control over
molecular weight and polydispersity can be achieved by performing the synthesis at a lower
temperature or by preparing a mixture of ethanol and water rather than just water. This is expected
to result in a reduction in chain transfer and a slower more controlled reaction. Following synthesis
of PMPC via free radical polymerization blends can be fabricated via similar solvent casting and
freeze thaw methods to what has been described in Chapters 2 and 3. One drawback of
investigations involving the use of PMPC as oppose to PMEDSAH is its significantly higher cost
of the MPC monomer compared to MEDSAH. Currently MPC is available for purchase from
Sigma Aldrich for about $21/g as oppose to MEDSAH which is available for as little as $0.57/g.
The first reported method for synthesizing MPC was published by Ishihara et al back in 1989,
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however the cost of the precursors does not result in any monetary savings even if one achieved
100% yield.
Following the preparation of PMPC PVA blends, which would be a novel material, several
interesting hypotheses could be investigated. (1) Given PMPC’s strong affinity for water compared
to PMEDSAH it would be interesting to address the postulation that PMPC PVA blends will
exhibit lower coefficient of friction than PMEDSAH PVA blends. (2) Given the solubility of
PMPC under aqueous conditions an investigation into the diffusive characteristics of PMPC
compared to PMEDSAH would also be of interest. (3) Finally, given PMPC’s strong affinity for
water compared to PMEDSAH it would be reasonable to postulate that PMPC blends would
display an improved capacity for interstitial fluid load support compared to PMEDSAH. This
behavior could be investigated within the context of Hertzian biphasic theory through a similar
method to what was described in Chapter 3. Characterization of this behavior would also provide
insight into the effect of electrostatic interactions on water permeability. An investigation such as
the one described in this section would be of great interest to the readership of several peer
reviewed materials science journals including Acta Biomaterialia, Materials Science and
Engineering: C, and Polymer.

6.2.2 Nanometer Scale Characterization of Tribological Performance
As noted in Chapter 1, interstitial fluid load support significantly influences coefficient of
friction in biphasic materials such as hydrogels and articular cartilage. One of the primary
objectives of the investigation described in this dissertation was improve tribological performance
under boundary lubrication conditions. While the tribo-rheometry experiments described revealed
that interfacial interactions were influencing friction, bulk properties such as modulus,
crystallinity, and interstitial fluid load support may have influenced the observed friction behavior.
136

One way to isolate the confounding effects of bulk material properties on surface friction behavior
is with the use of nanomechanical test methods such as atomic force microscopy.
Performing nanometer scale experiments introduces significant challenges in terms of
sample preparation since these methods can only be successfully implemented with surfaces which
are very flat. In addition, due to the small length scales involved in such experiments appropriate
measures must be taken to isolate the instrument from exterior noise such as building vibrations.
Due to these limitations samples prepared using the solvent casting method described in this
investigation are not suitable for nanomechanical testing. One approach for overcoming this
challenge would be to prepare a polymer solution for solvent casting as described previously and
dip coat a rigid flat substrate such as a glass slide.
Measuring coefficient of friction could be achieved with an atomic force microscope
equipped with a photodiode capable of recording cantilever twisting in addition to bending as
illustrated in Figure 6.1. The complications associated with AFM because of its dependence on the
use of compliant probes could be illuminated with a rigid probe and a more isolated displacement
transducer such as the Hysitron TriboScope (Hysitron, Inc, Eden Prairie, MN). Instead of relying
on cantilever beam deflection, these probes are coupled with capacitive displacement transducers
as illustrated in Figure 6.2. A displacement of the center plate corresponds to a change in voltage
which can be used to calculate normal as low as 1 nN and tangential forces as low as 3 μN.
A nanometer scale investigation of the pressure dependent and sliding speed dependent
friction behavior of blends compared to brush functionalized hydrogels containing PMEDSAH
and PMPC would be of great interest to readership of Langmuir. Given the results observed and
discussed in this dissertation, brush functionalized hydrogels are expected to display lower
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coefficient of friction than blends and surfaces bearing PMEDSAH are expected to display higher
coefficient of friction than PMPC when tested under aqueous conditions.

Figure 6.1

- (a) Illustration of the primary components of a typical AFM system [243]. (b) SEM images of an AFM
cantilever with a 10 μm diameter glass sphere attached [36] and a (c) tapered cantilever tip.

Figure 6.2 – Scheme illustrating the cross-sectional design of the rigid probe normal and tangential force transducer

In addition to measuring coefficient of friction, the effects of synthesis parameters and
solvent on brush layer thickness would be provide valuable insight toward the design of
tribologically enhanced PVA-H. This could be accessed through tapping mode AFM. Brush layer
thickness is understood to be a fundamental structural parameter which plays a significant role in
boundary lubrication behavior. Some investigators have characterized brush thickness based on
compression profiles however this approach is expected to be less accurate on a soft substrate such
138

as a hydrogel compared to a more rigid substrate like gold or silicon. An alternative approach
would involve creating patterned brush layers (Figure 6.3) via microcontact printing of the initiator
layer or performing initiator functionalization in the presence of a patterned mask.

Figure 6.3 – Topographical maps and representative cross sections of thermos-responsive poly(Nisopropylacrylamide) (PNIPAM) brushes grafted on gold at (a) 31 and (b) 36 oC [244]

6.2.3 Self-Replenishing Zwitterionic Brush Functionalized Hydrogels
This dissertation introduced two novel methods for the fabrication of tribologically
enhanced hydrogels. Each of these methods have been shown to enhance tribological performance
through unique physical mechanisms. The formation of zwitterionic hydrogel blends is attractive
approach for several reasons. It is a relatively simple and versatile method for improving the
performance of hydrogels under boundary lubrication conditions and provides a reservoir of
lubricant which can be eluted to the surface. Blending PVA with PMEDSAH was also shown to
result in improved interstitial fluid load support. The shortcoming of this method is that the
boundary lubricant is not bound physically bound to the hydrogel and may be depleted over time
through diffusion.
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The advantage of zwitterionic polymer brush functionalized hydrogels is that the boundary
lubricant is chemically bound to the surface of the hydrogel and may be present at a higher
concentration that what would be attainable in a blend. Brush functionalized hydrogels also
provide the option of stimuli responsive coefficient of friction depending on the surface chemistry.
The shortcoming of the brush functionalized gel approach is that there is no replenishment of
boundary lubricant following removal of the brush layer following surface wear.
Given the unique benefits of both the blend and brush methods described in Chapters 2-4,
combination of the two is expected to result in tribological performance superior to that of blending
or grafting alone. Preparation of this material would be relatively straightforward. Following the
preparation of a zwitterionic blend using the methods described in Chapters 2 and 3, the sample
would be dehydrated and then subjected to brush functionalization via a similar method to what
was described in Chapter 4.
In addition to being a self-replenishing boundary lubrication system benefiting from having
boundary lubricant chemically bonded to the surface of the hydrogel, the resulting material is also
expected to display superior interstitial fluid load support due to the combined effects of the blend
and brush functionality. Experiments which would provide valuable insights include: (1)
comparison of compressive properties between the three sample types within the context of
Hertzian biphasic theory, (2) assessment of the effects of the zwitterionic brush layer on the
diffusive kinetics of the solubilized boundary lubricant, and (3) investigation into the effectiveness
of the hypothesized lubrication mechanism through pin on disk friction tests (monitoring changes
in coefficient of friction and surface wear over time).
All friction testing described in this dissertation was performed with a modified rheometer.
This is not an ideal platform for characterizing the hypothesized self-replenishing lubrication
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mechanism. For this reason, a custom electromechanical pin on disc tribometer was designed and
manufactured. The device design and validation are described in Appendix A. Instructions for
motion control and friction force data acquisition is provided in Appendix C. The insights gained
from the investigations described in this section are expected to be of great interest to the
readership of Advanced Materials.

6.2.4 Characterization of Hydrogel Performance Under Physiologically Relevant Conditions
As noted in Chapter 1, there is a need for a comprehensive solution for the repair of
articulating joints. The material described in this investigation shows great potential for this
application from a tribological perspective. One shortcoming of the characterization methods
described thus far is that they fail to capture the complex kinematics observed in the knee joint.
The effects of more physiologically relevant loading involving simultaneous rolling and sliding
motion, as well as the use of more physiologically relevant lubricating fluids such as phosphate
buffered saline (PBS) are expected to provide a more applicable sense of the benefits of the
tribological enhancements described in this investigation. To address these concerns a custom
electromechanical device with six degrees of freedom has been design and manufactured. The
design, operation instructions and validation of this device are described in Appendix B.
As noted previously, in addition to minimizing hydrogel surface wear, it is important that
hydrogels used for the repair of focal chondral defects do not damage the opposing cartilage
surface. Given the hydration lubrication mechanism that is understood to be at work in the
zwitterionic blends and brush functionalized hydrogels these are expected to reduce surface wear
of the opposing cartilage surfaces compared to neat PVA-H. This result would be attributed to
hindrance of adhesive wear due to hydration lubrication. This hypothesis could be investigated by
testing osteochondral plugs against hydrogels using a pin on disc test configuration such as the one
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described in Appendix A. Preliminary method development was achieved with osteochondral
plugs harvested from tibial plateau’s and femoral condyles harvested from bovine specimens
obtained from a local butcher (E & M Custom Slaughterhouse, Rome, NY). Given the rigidity of
the bone tissue and the size of the specimens, a Dremel 3.5 amp oscillating saw was used to extract
rectangular sections which could easily be fastened in a vice clamp. 12 mm diameter osteochondral
plugs each about 10 – 15 mm long were subsequently harvested using a coring drill bit. Following
extraction osteochondral plugs can be soaked in PBS and stored in vacuum sealed bags in a -20 oC
freezer until use.
As noted in Chapter 1, collagen is one of the primary structural constituents of articular
cartilage. Hydroxyproline is one of the three main amino acid constituents of collagen and can be
measured with femtomole resolution via high performance liquid chromatography (HPLC) [245].
In HPLC, pressurized liquid mixtures are pumped through a column containing a solid absorbent
material. The velocity at which of each compound passes through the column depends on the
degree of its interaction with the absorbent solid. The time at which a given analyte emerges from
the column is referred to at the retention time. The emergence of a given analyte is detected via an
UV absorbance detector. Compounds of interest can be chemically “marked” through a process
known as derivatization. Figure 6.4 illustrates the processes involved in HPLC. Additional details
regarding the measurement of cartilage wear via HPLC is detailed in Appendix C.
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Figure 6.4 – Schematic illustration of the primary components of an HPLC system

6.2.5 Multiscale Modelling of Hydrogel Tribological Performance
This dissertation relied on a combination of theoretical and experimental approaches to
examine links between material structure, properties, and function. Analytical models are valuable
tools

for

defining

constitutive

relations

which

allow

investigators

to

predict

mechanical/tribological behavior given measurable material properties. The use of analytical
models with complementary experiments is often necessary to validate a mechanistic postulate or
examine a hypothesis that is either impractical or impossible to investigate solely with
experimental measures. An example is the use of indentation tests and Hertzian biphasic theory to
determine the effect of the boundary lubricant on the hydrogel’s ability to provide interstitial fluid
load support. Given the geometric complexity of in vivo conditions, biphasic materials such as
articular cartilage and hydrogels are often modelled using finite element analysis.
Accurate characterization of experimentally measured material properties such as
permeability, contact modulus, boundary lubricant diffusive kinetics, and coefficient of friction is
expected to enhance the development and validation of more accurate biphasic constitutive laws
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and finite element models. These analytical tools would allow investigators to validate many of
the hypotheses developed in this dissertation and would also be a valuable tool for the design and
optimization of self-replenishing lubrication systems. Such an investigation would be of great
interest to the readership of the Journal of the Mechanics and Physics of Solids or the Journal of
Applied Mechanics.

6.2.6 Mechanically and Tribologically Enhanced Low Friction, Low Fouling Nanofibrous
Composites
As noted in Chapter 5, in addition to being an excellent boundary lubricant, zwitterionic
polymers also have low fouling and antimicrobial properties due to their superhydrophilicity.
PMEDSAH inherently does not have suitable mechanical properties for most practical
applications. A recent report by Lalani and Liu demonstrated that water stable electrospun
PMEDSAH could be prepared via a relatively labor-intensive process relying on UV crosslinking
following electrospinning. The resulting materials showed great potential for use as a
superabsorbent, low fouling, antimicrobial wound dressing.
The investigation described in Chapter 5 demonstrated that mechanical properties of a neat
TPU and enhanced toughness can be achieved through the fabrication of composite fibermat
consisting of boundary lubricant and TPU. These fibermats also displayed the effects of surface
bound PMEDSAH as evidenced by the significant reduction in coefficient of friction compared to
the neat TPU. This motivates investigation into the effectiveness of these fabrication methods on
improving resistance TPU’s towards biofouling. Such investigations could support the design of
novel wound dressings and cardiovascular stent coatings and would be of great interest to the
readership of Biomacromolecules
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6.2.7 Continuum Modelling of Low Friction, Low Fouling Nanofibrous Composites
The composite material fabrication method described in Chapter 5 shows great potential
for use in the repair of low friction fibrous tissue such as the Achilles tendon or rotator cuff. While
Pellethane lacks suitable mechanical strength for such applications, the versatile fabrication
method developed in Chapter 5 is compatible with alternative TPU’s with higher Young’s modulus
such as PCL. Tensile strength could be improved further through the addition of more rigid
thermoplastics such as PLA. Although analysis of experimental results within the context of linear
models such as Young’s modulus are often suitable for characterizing the effects of processing
parameters on material performance, the finite deformation, anisotropy and nonlinearity of natural
tissue can be more accurately described through the implementation of continuum models. Use of
exact models is also ideal for comparison between composite fibermats and natural tissue
benchmarks. Such models are also expected to be useful for optimizing mechanical properties as
well as predicting time dependent properties of biodegradable scaffolds. Such an investigation
could be achieved through the integration tensile experiments involving measurement of
longitudinal and transverse deformation with a hyperelastic constrained mixture model.
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APPENDIX A: DESIGN OF A PIN ON DISC TRIBOMETER FOR SURFACE WEAR
CHARACTERIZATION
A.1 Introduction
A custon tribometer capable of measuring friction in a pin on disc test configuration was
designed and fabrricated to support characterization of the self-repleneshing boundary lubrication
mechanism described in Chapters 2, 3, and 6. The design was subject to four specific design
requirements: (1) force controlled loading, (2) 1D reciprocating motion, (3) supports testing in a
fluid bath, and (4) accurate measurement of coefficient of friction. The resulting design is
illustrated in Figure A.1.

Figure A.1 – Custom designed electromechanical 1D reciprocating pin on disc tribometer
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A.2 Position Control
Reciprocating motion is driven with a Nanotec linear actuator driven by a stepper motor
(Nanotec Inc, Stoneham, MA). Control of the stepper motor was achieved with a BeagleBone
Black single board microcomputer (Texas Instruments Inc., Dallas, TX) running MachineKit on a
Linux-based OS. MachineKit is an open-source platform designed for control of CNC machines.
The G code used to control reciprocating motion is provided below:
#1 = 0; Defines initial value for counter variable
G21; Defines coordinates in millimeters
G90; Enables absolute position comands instead of relative
G40; Cut radius compensation off
G64; Constant velocity
G94; Feed rate units [mm/min]
F100; Feed rate = 100 mm/min
0101 WHILE [#1 LT 100]; While #1 < 100...
G1 X 4; Move to X = 4
G1 X-4; Move to X = -4
#1 = [#1+1]; Increases counter variable by 1
0101 ENDWHILE; End while loop
M2; End program
The upper geometry illustrated in Figure A.1 provides force controlled loading as a dead
weight. The applied load can be increased by placing weights on top of the support block which is
attached to upper geometry. The interface between the upper geometry and the support block is
threaded to support a variety up test configurations including stainless steel on hydrogel, hydrogel
on hydrogel, or cartilage on hydrogel experiments (Figure A.2). The fluid bath was prepared with
a transparent polycarbonate tube so that surface wear could be monitored throughout a given
experiment. Vertical position can be monitored with an I-series laser displacement sensor
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(Keyence Corp, Osaka, Japan) mounted on the support block.

The addition of a vertical

displacement sensor allows for measurment of creep and surface wear.

Figure A.2 – Example pin on disc test configuration supported by the tribometer

A.3 Force Transduction
To monitor coefficient of friction, measurement of the tangential force between the upper
and lower geometry was necessary. This was achieved by coupling the upper geometry with a 20N
XFTC300 tension-compression load cell (TE Connectivity Ltd., Schaffhausen, Switzerland). The
coupling was designed to isolate the load cell from normal forces. The load cell is designed to
operate as a 1D displacement transducer. When the load cell is subjected to an axial load, the
change in distance between an opposing set of electrodes changes resulting in a change in
resistance which is reflected in the measured voltage. Full scale loading corresponds to a voltage
of 5 V.
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A.4 Load Cell Calibration
Friction force calibration was achieved by rotating the tribometer by 90 o and suspending
weights from the upper geometry (Figure A.3). Results revealed that tangential forces lower than
1 N go undetected by the load cell due to static friction (Figure A.4). The force transduction
assembly also displayed a linear relationship between measured force and applied force (R2 =
0.985). The effects of cross talk were assessed by placing weights on the upper support block while
monitoring the measured force under static conditions. Results indicate that cross talk accounts for
about 6% of the force read by the load cell.

Figure A.3 – Test configuration used for friction force load cell calibration
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Figure A.4 – Representative results from (a) friction force and (b) crosstalk calibration

A.5 Friction Force Measurement
Once friction force transduction and crosstalk have been calibrated, friction force
measurements can be performed by loading a sample and running the position control script
assuming a given wear track length, sliding speed, and number of cycles. A representative friction
force versus time trace for a spherical stainless-steel tip against a 40 wt% neat PVA hydrogel is
provided in Figure A.5.

Figure A.5 – Representative friction force vs time trace for a stainless steel pherical indenter tip
articulating against a neat PVA hydrogel in DI water
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Given 𝐹𝑎 , obtained through the friction force calibration, and 𝐹𝑐𝑡 , obtained through crosstalk
calibration friction force, 𝐹𝑓 , can be measured using equation A.1. The average friction force for
a given period of time can be calculated using equation A.2.
𝐹𝑓 = 𝐹𝑎 − 𝐹𝑐𝑡 (A.1)

𝐹̅𝑓 =

1
𝑛

∑𝑛𝑡=0 √(𝐹𝑓 (𝑡) − 𝐹0 )
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2

(A.2)

APPENDIX B: DESIGN OF A SIX DEGREE OF FREEDOM TRIBOMETER FOR
SURFACE WEAR CHARACTERIZATION

B.1 Introduction
The hydrogels described in this dissertation show great potential for the repair of focal
chondral defects in the tibiofemoral (knee) joint. One shortcoming of the experimental test
methods described in this investigation is that they fail to capture the complex kinematic of in vivo
articulating surfaces. Previous investigations have demonstrated that biomimetic rolling and
sliding motions observed in vivo result in unique wear characteristic which are not observed in 1D
experiments [246,247]. This section describes the design of a versatile & relatively simple device
capable of replicating the kinematics of the human tibiofemoral joint in a physiologically relevant
environment. The tribometer has been designed to support characterization of the tribological
response of natural and synthetic constructs, such as articular cartilage, synthetic hydrogels, and
tissue engineering scaffolds.

B.2 Description of Motion
The three-dimensional range of motion of the tibiofemoral joint has previously been
characterized by LaFortune et al [248]. Their study of on kinematics of human tibiofemoral joint
during walking provides position vs. time data for six degrees of freedom (three translational axes
of motion, and three rotational axes of motion). The subjects were reported to have walked at a
mean speed of 1.2 m/s. Graphical results from their gait analysis were inputted into SolidWorks
so that the position, velocity and acceleration range could be calculated via interpolation. The
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calculated position, velocity, and acceleration ranges of the tibiofemoral joint are presented in
Table B.1.
Motion of the custom desined tribometer is driven by a combination of stepper motors,
linear actuators, optical encoders, and digital controllers. The remainder of this section will
describe the mechanisms which provide control over the six degrees of freedom.
Table B.1 - Calculated position, velocity, and acceleration range of the tibiofemoral joint during walking

Axis

Position Range
deg
mm

Velocity Range
rad/s
mm/s

Acceleration Range
2

mm/s

2

Anatomical Motion

Xr

25

1.41

rad/s
16.4

Yr

68

7.16

55.3

Extension/Flexion

Zr

18

1.16

10.7

Internal/External

Adduction/Abduction

Xt

19

111.3

840

Anterior/Posterior

Yt

12

78.6

1100

Lateral/Medial

Zt

18

51.6

560

Compression/Distraction

B2.1 Anterior-posterior and medial-lateral displacement
Figure B.1 illustrates the upper assembly supporting anterior-posterior and medial-lateral
displacement control (x-y translation). The upper portion of the machine was mounted to a set of
rails which were attached to a support frame such that the upper test material can translate across
the surface of the lower test material along two orthogonal axes. For each axis, a single stepper
motor was mounted to the support frame and coupled with a 5mm pitch linear actuator. The device
was designed to have a 25 mm range of translation along both axes.
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Figure B.1 - Upper assembly supporting anterior-posterior and medial-lateral displacement control

B2.2 Flexion-extension and adduction-abduction
Figure B.2 illustrates a detail of the assembly which provides control over flexionextension and valgus-varus motion (rotation about the x and y axes). The upper articulating
geometry is attached to a rotator plate which is held against a spherical bearing via two pairs of
control arms. Each pair of control arms was coupled with a single stepper motor. This
configuration allows the stepper motors mounted on the upper tower to drive rotation about their
respective axis. This design supports rotation as high as 35° relative to the x-y plane.
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Figure B.2 - Detail of flexion-extension and valgus-varus motion control assembly

B2.3 Distraction-compression
As illustrated in Figure B.3, the base of the test material tray rests on two pairs of inclined
planes. These opposing units are denoted as the upper wedge set and the lower wedge plates. The
inclines on these wedge plates were each machined to 45 degrees. Each sliding surface of the
vertical slider assembly was lined with strips of PTFE to minimize friction. As the lower wedge
plate is driven by the z-axis actuator, the upper wedge plate is driven along the z axis providing
distraction and compression motion. The absolute range of motion for this degree of freedom is 30
mm. Actuation of the base with this method provides lateral stability as the opposing surface
translates across it and a mechanical advantage of 1.4.
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Figure B.3 - Detail of vertical displacement control system

B2.4 Internal-external rotation
Internal-external rotation is driven by a gear train as shown in Figure B.4. Smooth motion
with minimal friction is achieved via a slewing ring bearing assembly as illustrated in the exploded
view in Figure B.4. The use of a gear train provides a mechanical advantage of 1.9.

Figure B.4 - Assembled and exploded view of the internal-external rotation system
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B2.6 Stepper Motor Selection.
The stepper motors and linear actuators were sized based on component inertia and the
anticipated normal and tangential forces. SolidWorks was used compute the moment of inertia for
rotating parts, and the weight of translating parts. The software enables simple computation of
moments of inertia and component mass based on the geometry and material properties. Given the
equivalent rotational inertia and maximum angular acceleration for each of the axes, a torque value
needed to actuate the device with zero friction force was calculated. Datasheets for the stepper
motor include the maximum holding torque, the dynamic torque as a function of rotational speed,
and power consumed allowing us to select the appropriate stepper motor for each motion axis. A
maximum friction coefficient was then calculated assuming the stepper motor met performance
standards set by the manufacturer.
Table B.2 – Stepper motor capacity and Nanotec part number for each degree of freedom

B.3 Digital Motion Control
A block diagram of the custom designed and fabricated digital and power electronics for
the tribometer is provided in Figure B.5. Control of stepper motors and motion was accomplished
with a BeagleBone Black single board microcomputer (Texas Instruments Inc., Dallas, TX)
running MachineKit on a Linux-based OS. MachineKit is an open-source platform designed for
control of CNC machines with up to 9 axes of motion.
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Given the cyclic nature of the motion profiles associated with the kinematic of the
tibiofemoral joint, functions describing the interpolated motion profiles for each degree of freedom
were obtained via Fourier series approximations given by:
1

𝑓(𝑡) = 2 𝑎0 + ∑∞
𝑛=1 𝑎𝑛 cos(𝑛𝑤𝑡) + 𝑏𝑛 sin(𝑛𝑤𝑡)

(B.1)

Fourier series representation of the motion profile for each degree of freedom are illustrated in
Figure B.6 and the Fourier coefficients are presented in Table B.3. The position of each axis was
recorded via 4000 count-per-revolution optical encoders. Non-contact infrared limit switches were
used as a safety feature as well as a means for calibrating the zero-location of each axis prior to
running an experiment. The entire motion control system was powered by a CX500 Power supply
(Corsair Components, Inc, Freemont, CA).

Figure B.5 - Block diagram illustrating component involved in position control and load cell data acquisition
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Figure B.6 - Interpolated experimental data and Fourier series representation of the kinematics of the human
tibiofemoral joint during a single gait cycle for (a) flexion-extension, (b) abduction-adduction, (c) internal-external
rotation, (d) medial-lateral displacement, (e) compression-distraction, and (f) anterior-posterior displacement

Table B.3 - Calculated position, velocity, and acceleration range of the tibiofemoral joint during walking

B.4 Force Transduction
Force transduction was achieved through an array of model XFTC300 series tensioncompression load cells (TE Connectivity Ltd., Schaffhausen, Switzerland). Accurate measurement
of forces in three orthogonal directions requires a total of five load cells, three arranged
symmetrically around the diameter of the sensing platform, and two below the base of the platform.
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These units support accurate measurement of normal and tangential forces between a pair of
articulating surfaces.
The manufacturers provide two measures of accuracy for the model XFTC300 load cells,
linearity and hysteresis, both of which have a specified accuracy of ≤ ±0.5% full scale (F.S.).
Articular cartilage in the human tibiofemoral joint has been reported to be subjected to an average
pressure of about 700 kPa with peak pressures reaching just over 2 MPa and coefficient of friction
as low as 0.001 [10-12]. To replicate the pressures experienced in the knee joint, 50 N capacity
load cells were selected for measurement of normal force. 20 N capacity load cells were selected
for tangential force measurement. A lower capacity load cell may also be used in place of 20 N
capacity load cells for increased resolution with very low friction interfaces.

B4.1 Load Cell Platform
The load cell platform as shown in Figures B.7 uses three load cells laterally spaced at 120°
to measure both X and Y forces, as well as two load cells and a dummy cell on the bottom to
measure Z force. Each load cell is mounted in such a way as to prevent off-axis loading, and to
allow zeroing of force under unloaded conditions.
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Figure B.7 – Sensor plate design

B4.2 Load Cell Data Acquisition
Load cells were connected to Dataforth SCM5B modules (Dataforth Corp. Tucson, AZ),
which received power from a custom-designed pi filter designed to improve signal integrity. The
output of each module was connected to a Measurement Computing USB-1608FS DAQ unit
(Measurement Computing Corp., Norton, MA), containing 8 separate SAR ADCs for
simultaneous sampling at up to 250kHz and 16 bits. Data logging was achieved through a
LabVIEW virtual instrument which records the data in TDMS format to reduce file size. While
data is typically captured at around 100Hz, the ADCs are capable of much higher speed operation;
this allows for super-sampling which increases the resolution to an effective 20 bits and
significantly decreases noise.
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B4.3 Load Cell Calibration
A portion of the applied forces act to strain the support structure of the system in addition
to the load cells themselves. Calibration of the normal force measurement system was achieved
with proof mases and static force analysis. To do this, proof masses were balanced on a rigid pin
which was fastened to center of the sensor plate (Figure B.8). This method allows us to easily align
the center of mass with the, center of the sensor plate. Masses ranging from 700 – 2150 g were
used to create a calibration curve for the sensor plate.

Figure B.8 - Normal force load cell calibration detail

Calibration of the tangential load cells was achieved via a similar method, shown in Figure
B.9. An external load cell was used to apply a known force on the sensor platform coincident with
the line of action of the installed load cell. The force readout of the external load cell was then
plotted against the force readout of the load cell connected to the sensor plate and a calibration
curve was formulated.
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Figure B.9 - Friction force load cell calibration detail

Crosstalk between multiple-axis sensor measurements occurs when the two or more
sensors are not completely mechanically isolated from one another. Thus, a change in one sensor
corresponds with a false change in the other. To address this concern, crosstalk was quantified
between the normal and friction force load cell output.

B4.4 Force Transduction Characterization Results
The response of the normal force load cells was quite linear. The linear curve fit with of
both loads cells yielded R2 ≅ 1. Figure B.10a provides a representative calibration curve.
Tangential load response was also quite linear with R2 = 0.980. A representative calibration curve
is illustrated in Figure B.10b. Crosstalk was found to cause a false change in the friction force
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reading by about 7% of the applied normal force. A representative calibration curve is illustrated
in Figure B.10c.

Figure B.10 – Representative results from (a) normal, (b) tangential, and (c) crosstalk characterization

B.5 Conclusion
A six axis tribometer was designed to replicate the kinematics of articulating surfaces in
human tibiofemoral joints. CNC software coupled with stepper motors were used to control
motion. An embedded control system supports control of all six degrees of freedom. Motion
tracking can be achieved via optical encoder outputs. Measurement of force in three orthogonal
axes is provided using tension compression load cells and LabVIEW software. The load cells were
calibrated individually and with respect to each other.
The design is such that a variety of tests configurations are supported, using any
combination of axes and arbitrary motion profiles. Preliminary characterization of the system
reveals precise motion control as well as linear force response characteristics. This tribometer
supports more physiologically relevant tribological characterization of synthetic joint materials
than single or dual axis tribometers. The compact nature of the tribometer and length of the motion
and force transduction cables allows it to be easily transported and stored in conventional
incubators. In addition, to tribological testing this device would also be useful for mechanostimulation of tissue engineering scaffolds such as those intend for use in articular cartilage repair.
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APPENDIX C: CHARACTERIZATION OF CARTILAGE SURFACE WEAR USING
HIGH PERFORMANCE LIQUID CHROMATOGRAPHY

C.1 Introduction
Hydroxyproline is one of the three main amino acid constituents of collagen and can be
measured with femtomole resolution via high performance liquid chromatography (HPLC). This
technique requires the use of a pump to pass pressurized liquid mixtures through a column
containing a solid absorbent material. The velocity at which of each compound passes through the
column depends on the degree of its interaction with the absorbent solid. The time at which a
given analyte emerges from the column is referred to at the retention time. The emergence of a
given analyte is detected via an UV absorbance detector. Compounds of interest can be chemically
“marked” through a process known as derivatization. The method outlined in this section is
inspired by previously described methods presented by Hustson et al [245] and McGann et al
[249].

C.2 Materials
Hydroxyproline, sarcosine, hydrogen chloride, sodium acetate, sodium monophosphate, ophthalaldehyde, iodocacetamide, 9-fluorenylmethylchloroformate (FMOC), boric acid, sodium
hydroxide, β-mercaptoethanol, ethyl ether, acetonitrile, and glacial acetic acid all reagent grade
were obtained from Sigma Aldrich, (Milwaukee, WI, USA). Acetone was obtained from Fisher
scientific (Hampton, NH, USA).
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C.3 Calibration Curve
1. Prepare stock solution of 2 mM hydroxyproline then dilute to get 25, 50, 100, 250, 500,
750, and 1000 μM standards in water (total volume for each level = 900 μL)
2. Add 11.3 μL of 2 mM sarcosine to each 900 μL sample of hydroxyproline standard
3. Run standards in triplicate
C.4 Wear Particle Extraction:
1. Following wear tests, place hydrating fluid in -80 oC freezer for 24 h and then lyophilize
at -40 oC for 48 h
2. Seal resulting material in glass vial with 6 M HCl and hydrolyze for 18 h at 110 oC and
then dry via rotovap.
3. Dissolve dried hydrolystates in water and then filter through 0.22 μm pore size syringe
filter
4. Add 11.3 μL of 2mM sarcosine to each 900 μL aliquot of filtered solution
C.5 Derivatization
1. Transfer 900 μL aliquots to 5 mL glass vials followed by addition of 200 μL of borate
buffer (0.7 M boric acid, pH 9.5, with NaOH)
2. Add 100 μL of OPA solution (50 mg o-phthalaldehyde dissolved in 1 mL acetonitrile
containing 26 μL of β-mercaptoethanol)
3. 60 s later add 100 μL iodoacetamide reagent (140 mg/mL of iodoacetamide in
acetonitrile)
4. One minute later add 300 μL of 5 mM FMOC in acetone
5. Cap and vortex reaction vial between each addition of reagent.
6. One minute after addition of FMOC reagent add 2 mL ethyl ether
7. Shake vial vigorously for 30 s to wash the contents of the vial
8. Discard organic layer and repeat wash twice more for a total of three washes
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C.6 High-Performance Liquid Chromatography Measurement
1. Inject 50 μL of remaining aqueous phase into HPLC
2. Injections should be made every 30 min without an intervening wash
3. Separation can be achieved with a C-18 column
4. Pump mobile phase at a constant rate of 1 mL/min
5. Degree of cartilage wear can be estimated from the concentration of hyroxyproline
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APPENDIX D: USE OF TRIBOLOGICALLY ENHANCED HYDROGELS FOR REPAIR
OF FOCAL CHONDRAL DEFECTS
D.1 Introduction
Review of current treatment modalities for articular cartilage repair reveals the need for
improved solutions, especially for younger more active patients. It was postulated that
tribologically enhanced hydrogels such as the ones described in this investigation display great
potential for the repair of focal chondral defects in the tibiofemoral (knee) joint. In addition to
characterizing the tribological behavior of these hydrogels, it is important to investigate their
ability to maintain biomechanical stability within the joint following implantation. It was
postulated that PVA hydrogels with compressive properties on the order of what has been reported
for natural tissue would successfully fulfil this function. To investigate this hypothesis, 15 mm tall
freeze thaw PVA hydrogel plugs with an average compressive modulus of 1.95 ± 0.12 MPa and a
3.5 cm radius of curvature were prepared. Samples were subsequently subjected to biomechanical
characterization in human tibiofemoral joints. Hydrogel implantation and biomechanical testing
were performed by Ronnie Sismondo, MD, Nat Ordway, MS, PE, and Fred Werner, MME, PE.
from the Musculoskeletal Science Research Center (MSRC) at SUNY Upstate Medical University.

Figure D.1 – Illustration of the proposed surgical procedure where (1) zwitterionic boundary lubricant molecules
are grafted on to a hydrogel blend resulting in a (2) self-replenishing boundary lubricant enhanced material which
(3) following implantation restores mechanical and tribological performance of an intact joint.
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D.2 Experimental Methods
A total of six cadaver knees were characterized in a test frame previously developed and
validated by Van Valkenburg et al [250]. This device, illustrated in Figure D.2a, supports
application of axial load, torque, anterior-posterior loading and knee flexion load profiles. Contact
pressures between the articulating surfaces were measured with a Tekscan 4400 dynamic pressure
sensor (Tekscan Inc., Boston, MA) connected to the medial tibial plateau. Contact pressures were
measured during six cycles of a dynamic gait cycle as well as static axial loading at 30 degrees of
flexion. Contact pressure measurements were recorded with intact knees, following coring of the
medial femoral condyle, and after implantation of the hydrogel plug. Hydrogels were designed to
be oversized in diameter so that they could be implanted via a press fit. The surface of the gel
typically protruded by about1 mm relative to the surrounding cartilage as illustrated in Figure
D.2b. Following contact pressure measurements, the sensor was removed and knees were
subjected to 1,000 cycles of the dynamic gait to qualitatively characterize hydrogel plug fixation.

Figure D.2 – Photograph of (a) the experimental test setup used for gait simulation [250] and (b) a hydrogel plug
implanted in a human femoral condyle
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D.3 Results
No significant difference in the peak and average contact pressures at the implant site was
observed between the intact knee and following plug implantation. The average pressure at the
implant site was 1.0 ± 0.9 MPa in the intact knee and 0.8 ± 0.3 MPa following implantation of the
hydrogel plug. The peak pressure at the hole location was 2.0 ± 1.5 MPa in the intact knee and 1.0
± 0.4 MPa following plug insertion. Peak pressure over the entire contact area of the pressure
sensor was 2.0 ±1.4 MPa in the intact knee, 1.8 ± 0.5 MPa following osteochondral plug removal
and 1.2 ± 0.3 MPa after plug insertion. Following 100 cycles, the hydrogel was observed to be
flush with the surrounding tissue. No surface damage or hydrogel plug loosening was observed
following 1,000 cycles.

Figure D.3 – Average contact pressures from various areas within the knee joint in intact joints compared to joints
containing a hydrogel plug implant
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D.4 Conclusion & Future Directions
The findings reported in this investigation support the hypothesis that tribologically
enhanced hydrogel plugs can restore biomechanical function in human tibiofemoral joints. There
are many challenges which need to be addressed before such approaches can become clinically
viable. Additional considerations which were not addressed in this investigation include
optimization of the surgical procedure in vivo, successful biological integration and long-term
performance through fatigue testing and quantitative wear measurements. It would also be
interesting to investigate the effects of hydrogel plug mechanics on joint contact pressures. While
this treatment method resembles OATS, it benefits from not requiring removal of tissue from a
lesser load bearing section of the joint. Overall this investigation supports the potential use of
tribologically enhanced hydrogels for articular cartilage repair.
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APPENDIX E: DESIGN OF A DEVICE FOR IN SITU CHARACTERIZATION OF
DEFORMATION INDUCED CHANGES TO POLYMER MICROSTRUCTURE UNDER
UNIAXIAL TENSION

E.1 Introduction
In typical engineering analysis and design solid materials are often treated as a continuum,
with constitutive laws based on bulk parameters such as modulus. Material scientists are often
interested in studies related to material crystal structure which describes how the atoms which
make up a given material are organized. The sort and long-range order or crystal structure is
typically characterized with x-ray scattering as demonstrated in this dissertation. Investigations
involving material structure are of interest since these metrics are directly related to bulk material
properties providing valuable fundamental structure to function relationships.
In addition to being influenced by parameters such as molecular weight and chemical
structure, the molecular organization of polymers, specifically semicrystalline polymers, is
understood to be influenced by deformation. For example, uniaxial stretching has been shown to
induce anisotropy due to the change in polymer chain orientation [251]. Strain induced
crystallization has also been shown to significantly enhance the mechanical properties of due to
strain hardening. These methods are often applied when thermoplastic polymers are drawn
[252,253]. Because of the unique behavior, this class of materials, there is great interest in in situ
characterization of x-ray diffraction while materials are subjected to deformation induced structure
transitions. This interest motivated the design of a custom device capable of supporting in situ
characterization of strain induced changes in polymer crystallinity.
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E.2 Device Design
In the design of any mechanical system, simplicity is paramount. The x-ray stretcher device
design described in this section was inspired by that of a turnbuckle. The design requires thin strips
of polymer to be mounted on a pair of polyoxymethylene (Delrin®) blocks constrained to a pair
of guide rods which support uniaxial motion. The support blocks are coupled with a shaft
constructed from a left handed threaded rod bonded to a right handed threaded rod. The threaded
rod is connected to an external handle which drives adduction and abduction of the blocks. The
evacuated x-ray chamber is equipped with tapped holes allowing the stretcher to be easily mounted
within the spectrometer. The device was also designed to have adjustable height, allowing
investigators to manually position the centerline of their sample in line with the x-ray beam. Figure
E.1 illustrates the device design. For remote operation of the stretcher, the external knob could be
coupled with a stepper motor equipped with a digital control system like what was described in
Appendix A and B.
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Figure E.1 – Schematic illustration of the x-ray stretcher design

E.3 Conclusion
This section details the design of a device suitable for in situ characterization of
deformation induced crystallization. Investigations using this device are expected to be of interest
to the readership of Polymer in characterization of the unique properties of novel semicrystalline
polymers, polymer blends, and composites.
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